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Optical Coherence Tomography (OCT) is a non-invasive three-dimensional 
imaging technique. OCT synthesizes a cross-sectional image from a series of lateral 
adjacent depth scans, and with a two-dimensional scanning scheme, three-dimensional 
intensity image of sample can be constructed. Due to its non-invasive capability, OCT 
has been widely applied in ophthalmology, cardiology and dermatology; and in addition 
to three-dimensional intensity image construction, various functional OCT imaging 
techniques have been developed for clinical application. My research is focused on 
developing functional OCT systems for application in ophthalmology, including 
polarization-sensitive optical coherence tomography (PS-OCT) for retinal nerve fiber 
layer (RNFL) birefringence measurement and dual-wavelength photothermal optical 
coherence tomography (DWP-OCT) for microvasculature blood oxygen saturation (SO2) 
measurement. 
In the study, a single-mode-fiber based polarization-sensitive swept-source OCT 
(PS-SS-OCT) with polarization modulator, polarization-sensitive bulk-optics balanced 
 vii 
detection module is constructed and polarization processing methods based on Stokes 
vectors are applied to determine birefringence. PS-OCT is able to provide human 
subject’s RNFL thickness, phase retardation, and birefringence information. Degradation 
in the degree of polarization (DOP) along depth is investigated and its difference between 
four quadrants of RNFL (superior, temporal, inferior and nasal) indicates the structural 
property difference. 
DWP-OCT is a novel functional OCT system consisting of a phase-sensitive 
optical coherence tomography system (PhS-OCT) and two photothermal excitation lasers. 
PhS-OCT is based on a swept-source laser operating in the 1060 nm wavelength range; 
the two photothermal excitation lasers with wavelength 770 nm and 800 nm are intensity 
modulated at different frequencies. PhS-OCT probe beam and two photothermal 
excitation beams are combined and incident on the sample, optical pathlength (op) 
change on the sample introduced by two photothermal excitation beams are measured and 
used for blood SO2 estimation.  
A polarization microscope is proposed for future study. The polarization 
microscope is an imaging technique providing molecular structure and orientation based 
on probe light’s polarization state information. The polarization microscope uses a 
wavelength tunable light source, and can achieve any incident polarization state by a 
retarder-rotator combination. Specimen’s birefringence can be determined based on the 
changing of detected light amplitude. 
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Chapter 1:  Introduction 
 
1.1 ORGANIZATION OF DISSERTATION 
Chapter 1 is the introduction and briefly describes the history and development of 
optical coherence tomography (OCT) as an imaging technique. Important concepts for 
OCT imaging system are identified, discussed and illustrated. Different mathematical 
representations of light are introduced. Finally, application of OCT in ophthalmology is 
discussed and the motivation of this study is presented. 
In chapter 2, polarization-sensitive optical coherence tomography (PS-OCT) is 
introduced as a useful functional OCT imaging technique. A single-mode fiber based 
clinical PS-OCT system and polarization processing methods are described; thickness, 
phase retardation and birefringence maps of human retinal nerve fiber layer (RNFL) are 
presented. Polarization processing method is developed to investigate the degradation of 
the degree of polarization (DOP) in human RNFL; clinical data is analyzed and found to 
indicate differences in structural properties between four quadrants (superior, temporal, 
inferior and nasal). An angle-resolved OCT system design is proposed based on 
pathlength multiplexing and a polarization-sensitive fiber-optic balanced detection 
module is designed. 
Chapter 3 describes a novel functional OCT system: dual-wavelength 
photothermal optical coherence tomography (DWP-OCT). DWP-OCT incorporates 
microvasculature blood oxygen saturation (SO2) measurement capability into OCT 
imaging technique. DWP-OCT system instrumentation and blood SO2 estimation 
algorithm is provided. Phantom microvessel experiment is presented as well as 
measurement error analysis. An analytical model based on bioheat equation is 
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constructed to consider the thermal diffusion’s impact on DWP-OCT blood SO2 
measurement. 
Chapter 4 presents the design of a spectrally-encoded high-extinction polarization 
microscope, which is able to provide molecular structure and orientation based on probe 
light’s polarization state transformation. The novel design has the capability to rapidly 
modulate polarization state of the incident light and can be operated in both null and non-
null measurement modes. 
 
1.2 OPTICAL COHERENCE TOMOGRAPHY 
With the invention of the laser in the early 1960s, the coherence properties of 
light have been utilized in various optical imaging techniques. Optical coherence 
tomography (OCT) is one of the optical tomography techniques based on coherence 
properties of light, and is of particular importance in the medical field since its invention 
and introduction in early 1990s. OCT is a non-invasive three-dimensional (3D) imaging 
technique providing advantages over competing methods in axial and lateral resolution. 
OCT synthesizes a cross-sectional image (B-scan image) from a series of laterally 
adjacent depth-scans (A-scans), and a 3D image of the sample can be constructed by 
recording multiple adjacent B-scans. OCT was introduced in 1991 (1) first as a time 
domain (TD) approach and later as a frequency domain (FD) method (2-3).  
Time domain OCT is based on the principles of reflectance low-coherence 
interferometry (LCI) (4). A typical time domain OCT is a Michelson interferometer with 
the sample positioned in one arm and a mirror in reference arm; signal is acquired by 
translating reference mirror continuously along beam axis.  
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Fourier domain OCT includes spectrometer-based FD-OCT and swept-source 
OCT. Based on the Wiener-Khinchin theorem, in one A-scan, depth information can be 
provided by computing an inverse Fourier Transform of the spectrum of the 
backscattered and interfering light. Imaging speed is greatly improved in FD-OCT 
compared with TD-OCT since scanning of a reference mirror is not required. The 
spectrum of the backscattered light can be obtained in two instrumentation approaches: 
spectrometer based detection technique and a wavelength tunable laser source. FD-OCT 
was first presented as a spectrometer-based OCT system, and later with the advance of 
laser technology, swept-source lasers have played an important role in OCT imaging 
technique. In a swept-source OCT system, the spectrum of the backscattered light is 
encoded in time by serially and rapidly tuning the wavelength of laser emitting light. For 
equivalent signal-to-noise ratio (SNR), swept-source OCT with balanced detection 
provides a higher acquisition rate compared with spectrometer-based FD-OCT. Recently, 
swept-source OCT with A-scan rates up to 5 MHZ has been demonstrated using a Fourier 
domain mode locked (FDML) laser (5). 
 
1.3 RESOLUTION, SENSITIVITY AND SNR  
The quality of an OCT imaging system is usually described in terms of its 
resolution, sensitivity and signal-to-noise ratio (SNR).  
OCT resolution includes axial and lateral resolution. Axial resolution is primarily 
determined by the power spectrum of the light source. The power spectrum of many light 
sources used in OCT can be approximated by a Gaussian spectrum, full-width-at-half-
maximum (FWHM) of its autocorrelation function is provided as OCT’s axial resolution 
as in Eq. 1.1, where   is the center wavelength and   is the bandwidth. Light 
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sources with a broader bandwidth and operated at a shorter center wavelength range 
provides a higher axial-resolution. 
2
2ln 2
zr

 


                            (1.1) 
Lateral resolution depends on the wavelength , and sample arm imaging optics. 
In the focus, the lateral resolution (rx) is given by the focus diameter in Eq. 1.2, where f is 
the focal length of the objective and d is the diameter of the incident beam size. Rayleigh 
range is defined as the single-sided depth range over which the lateral resolution is 
maintained within a factor of 2 . Rayleigh range zr is written in Eq. 1.3, and depth of 
focus is defined as twice of Rayleigh range. We can see the trade-off between lateral-
resolution and depth of focus: a system with a finer lateral-resolution corresponds to a 
shorter depth of focus. 
4
x
f
r
d


                              (1.2) 
2
4
x
r
r
z


                              (1.3) 
The optical resolution introduced above defines the best theoretical resolution in 
axial direction (Z) and lateral dimension (XY). In reality, spatial sampling density is 
another important factor to consider. Spatial sampling density in lateral dimension is the 
distance between consecutive A-scans in X and between consecutive B-scans in Y; spatial 
sampling density in Z can be set arbitrarily by selecting the Fourier-transform length of 
the spectrum. True resolution of the OCT image is determined by a combination of 
optical resolution and spatial sampling density, and it defines the size of the smallest 
feature that can be visualized on the sample image (6). And according to Nyquist 
theorem, at least two spatial samples are required for point spread function in each 
dimension. 
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Sensitivity of OCT system is defined as the lowest signal that can be detected 
over the noise floor (7). Sensitivity is closely related to the signal-to-noise ratio (SNR) of 
the system. For a simple Michelson interferometer as shown in Fig. 1.1, the photocurrent 
for the interference signal of a point reflector from the sample arm and reference signal 
from a mirror can be written as Eq. 1.4, where Id is the photocurrent, R is the responsivity 
of the photodetector, Pref and Psam are the power returning from reference and sample 
arms,   is the phase difference of the signals returning from two arms.  
( ) [ 2 cos ( )]d ref sam ref samI t R P R P P t                   (1.4) 
 
 
Figure 1.1: A fiber Michelson interferometer. 
Power returning from reference arm is normally much larger than that from 
sample arm, so that the SNR of the above system can be expressed as in Eq. 1.5, where kB 
is Boltzmann's constant, T is temperature, Δf and Reff is the measurement bandwidth and 
effective noise resistance of receiver, e is charge of one electron, and RIN is relative 
intensity noise (RIN). Three terms in the denominator represent three major noise sources 
for an OCT system: thermal noise, shot noise and intensity noise.  
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2
2 2
2
4 / 2 ( )
ref sam
B eff ref ref
R P P
SNR
k T f R eRP f RIN R P f

    
            (1.5) 
A shot-noise limited condition refers to the condition when shot noise is the 
dominant noise source in the system. Under this condition, the sensitivity for a shot-noise 
limited system is estimated as  
10*log samsnl
RP
sensitivity
e

                        (1.6) 
Where τ is the detector integration time.  
From Eq. 1.5, we can see that reference power can represent the major noise 
source for OCT systems. When the intensity noise is dominant in the system, increasing 
source power will increase both numerator and denominator at the same rate, which 
means under this condition, increasing source power is not able to improve system SNR; 
SNR is proportional to Psam/Pref, so attenuating the reference power can improve SNR 
when intensity noise is dominant (8). 
 
1.4 FUNDAMENTAL OF LIGHT  
1.4.1 Maxwell’s Equations  
Maxwell’s equations are the foundation of classical optics, it can be written as: 
0
D
B
B
E
t
D
H J
t
 
 

  


  

                          (1.7) 
Where   is divergence operator,   is curl operator, D  is electric displacement in 
the unit of C/m
2
, B is magnetic induction in the unit of Weber/m
2
, E  is electric field in 
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the unit of V/m, H  is magnetic field in the unit of A/m,   is free charge density in the 
unit of C/m
3
 and J  is free current density in the unit of A/m2.  
To describe the material’s behavior under the influence of the field, material 
equations are usually used. For a time-harmonic field, if it is isotropic and the bodies are 
at rest, the material equations can be written in a simple form: 
J E
D E
B H






                            (1.8) 
Where   is conductivity in the unit of siemens/m,   is permittivity in the unit of 
farads/m and   is permeability in the unit of N/A2. Permittivity and permeability can 
usually be written as in Eq. 1.9 where 
0  is permittivity of free space (8.854…×10
-12 
F/m), 
r  is relative permittivity of material, 0  is permeability of free space 
(1.256…×10-6 N/A2), r  is relative permittivity of material, usually equals 1. In some 
cases, the material property can’t be described in such simple way, such as when the 
optical field is strong enough to introduce nonlinear effects.  
0
0
r
r
  
  


                            (1.9) 
In a region such as vacuum, no charges and no currents, Maxwell’s equations can 
be simplified into wave equation to describe the wave motion (Eq. 1.10). 
2
2
2 2
2
2
2 2
0 0
1
0
1
0
1/ r r
E
E
v t
H
H
v t
v    

  


  


                      (1.10) 
v represents the velocity of wave, the velocity of light c in free space and refractive index 
of material n has the relation as in Eq. 1.11 
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0 0
/
1/
r r
v c n
c
n
 
 



                       (1.11) 
 
1.4.2 Harmonic Waves and Wave Packets 
In a homogeneous medium in region free of charges and currents, assume optical 
field E : 
x y zyxE E E E z                         (1.12) 
  ,   and   represent the unit vector for the Cartesian coordinate and each component of 
the field vector satisfies the wave equation in Eq. 1.10. A general time-harmonic, real, 
scalar plane wave of frequency ω propagating in the direction of s  can be defined as a 
real solution of the wave equation:  
( , ) ( )cos[ ( ) ]
r s
E r t a r t
v
 

                     (1.13) 
Where ( )a r  is the amplitude, ( )
r s
t
v
 

   is the phase, r  is a vector that 
represents propagation path and   is a constant. Wave number k is defined as 
n
k
v c
 
                             (1.14) 
And wave vector represents wave propagation direction 
k ks                             (1.15) 
To simplify Eq. 1.13 by using exponential, we have 
( )( , ) Re{ ( ) }i k r i tE r t a r e e                      (1.16) 
For the linear operation, we can directly operate with the complex function in Eq. 1.16.  
In the real world, waves are regarded as a superposition of monochromatic waves 
of different frequencies: 
0
( , ) ( )cos[ ( )]E r t a r t g r d  

                (1.17) 
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Where ( )g r  is the wave phase surface.  
Consider the superposition of plane monochromatic waves, the group velocity (vg) 
and phase velocity (vp) are written as in Eq. 1.18, where   and k  are the mean of 
frequency and wave number 
g
p
d
v
dk
v
k




                             (1.18) 
The wave number becomes  
( ) ( )k n
c

                           (1.19) 
In Eq. 1.19, dispersion is considered, only when refractive index n is independent of ω, 
group velocity and phase velocity are equal. 
 
1.4.3 Polarization of Light 
For a monochromatic plane wave, the electric and magnetic field vectors are on the plane 
normal to the wave vector: E , H and   form a right-handed orthogonal triad of vectors 
with the relation: 
                       H E                            (1.20) 
By choosing the propagation direction of the wave along the z axis, Eq. 1.12 has field 
components on x-y plane. 
x y yxE E E                           (1.21) 
Where Ex and Ey can be written in terms of amplitude A and phase φ.  
1
2
1 1
2 2
Re( )
Re( )
i
x x
i
y y
E A e
E A e
t k r
t k r


  
  




   
   
                      (1.22) 
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Rewrite Eq. 1.22 and the equation can be derived to describe the locus of the points with 
coordinates (Ex, Ey).  
2 2 2
2 1 2 1( ) ( ) 2 cos( ) sin ( )
y x yx
x y x y
E E EE
A A A A
                   (1.23) 
 Two special cases can be derived from Eq. 1.23. One is linear polarization, which 
is when  
2 1 m                           (1.24) 
(m=0, ±1, ±2, …). At this condition, Eq. 1.23 can be written as Eq. 1.25: 
( 1)mx x
y y
E A
E A
                        (1.25) 
The other case is circular polarization, which is when  
2 1
2
x y
m
A A A

    
 
                    (1.26) 
(m=0, ±1, ±2, …). And at this condition, Eq. 1.23 is simplified to Eq. 1.27: 
2 2( ) ( ) 1
yx
EE
A A
                       (1.27) 
The polarization state of light can usually be presented in two mathematical formalisms: 
Jones vectors and Stokes parameters.  
 
1.4.4 Jones vectors, coherency matrix and Stokes parameters 
 The complex representation of a field (as the complex function in Eq. 1.16) is 
frequently used and is called the analytic signal (9). The real signal can be found by 
taking the real part of the analytic signal. Jones vectors are based on a complex 
representation of the field. Jones vectors consist of the complex amplitude in x-axis and 
y-axis when assuming fully polarized light propagating along z-axis. 
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1
2
( )
( )
i k r t
x x
i k r t
y y
E A e
E A e
 
 
  
  
  
  
    
                    (1.28) 
And the intensity of the field I is the sum of amplitude squares of two orthogonal 
components written as: 
2 2
x x y y x yI E E E E A A
                        (1.29) 
 Jones vectors indicate the amplitude and relative phase retardation between two 
orthogonal field components. Jones matrices are 2 by 2 matrices which can be operated 
on Jones vectors to describe the polarization state transformation when light propagates 
through a series of optical elements.  
 Consider a quasi-monochromatic light wave with mean frequency propagated in 
the positive z-direction, its Ex and Ey are: 
1
2
[ ( ) ]
[ ( ) ]
( ) ( )
( ) ( )
i t t
x x
i t t
y y
E t A t e
E t A t e
 
 




                      (1.30) 
Its coherency matrix J (10) can be written as 
1 2
1 2
( )2* *
* * ( ) 2
i
x x yx x x yxx xy
i
yx yy
y x y y x y y
A A A eE E E EJ J
J
J J E E E E A A e A
 
 

 
   
     
       
        (1.31) 
 is used to represent an ensemble average or time average under the assumption of 
ergodicity. The trace of the coherency matrix equals the total intensity of the light. 
Moreover, since the non-diagonal elements are in general complex and conjugates of 
each other, J is said to be a Hermitian matrix. Normalized Jxy, we have 
xy
xy
xx yy
J
j
J J
                             (1.32) 
The complex correlation factor jxy is a measure of the correlation between the Ex and Ey, 
its absolute value is a measure of their degree of coherence, and its phase represents their 
effective phase difference. jxy has the property based on Schwarz’ inequality: 
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| | 1xyj                              (1.33) 
If introducing a retardation ε to Ey with respect to Ex, the intensity of the light 
vibrations in the direction which makes an angle θ to the positive x-direction can be 
denoted as I(θ, ϵ). Four elements in coherency matrix can be written in terms of six 
measurements. 
(0 ,0)
(90 ,0)
1 1
{ (45 ,0) (135 ,0)} { (45 , ) (135 , )}
2 2 2 2
1 1
{ (45 ,0) (135 ,0)} { (45 , ) (135 , )}
2 2 2 2
xx
yy
xy
yx
J I
J I
J I I i I I
J I I i I I
 
 


   
   
       (1.34) 
 For a completely unpolarized light (natural light), the coherency matrix is  
0
1 01
0 12
I
 
 
 
                               (1.35) 
Where I0 is the intensity of light and equals to Jxx+Jyy. 
 For a completely polarized light, the determinant of its coherency matrix is 0. 
0xx yy xy yxJ J J J J                             (1.36)  
Any quasi-monochromatic light wave can be regarded as the sum of a completely 
unpolarized and a completely polarized wave; two waves are independent and the 
representation is unique. Its coherency matrix can be uniquely written as the sum of the 
coherency matrices of the completely unpolarized wave and completely polarized wave. 
Degree of polarization P of a light wave is defined as the ratio of the intensity of the 
polarized portion to the total intensity.  
2
2
( ) 4 | | 4 | |
1
( )
xx yypol
tot xx yy xx yy
J J JI J
P
I J J J J
 
   
 
             (1.37) 
The degree of polarization is independent of axes and has a property that 
0 1P                                  (1.38) 
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When P=1, the wave is completely polarized, and as |J|=0, Ex and Ey are coherent. When 
P=0, the wave is completely unpolarized, and  
0
xx yy
xy yx
J J
J J

 
                             (1.39) 
Ex and Ey are incoherent. When 0<P<1, the wave is said to be partially polarized. 
The degree of polarization P and the degree of coherence |jxy| have a relation as 
| |xyP j                                (1.40) 
The equality sign in Eq. 1.40 holds if and only if Jxx=Jyy, which refers to the condition 
that the time averaged intensities associated with the x and y directions are equal. So 
unlike the degree of polarization, the degree of coherence |jxy| depends on the choice of 
the x and y directions, and there always exists a pair of mutually orthogonal directions 
that can make Jxx=Jyy, and under this condition, the degree of coherence has its maximum 
value which equals the degree of polarization P. 
 Stokes parameters are another four-parameter representation for a quasi-
monochromatic plane wave. Stokes parameters are four quantities written as: 
2 2
0 1 2
2 2
1 1 2
2 1 2
3 1 2
2 cos
2 sin
s A A
s A A
s A A
s A A


 
 


                       (1.41) 
Where A1 and A2 are the instantaneous amplitudes of the two orthogonal components Ex 
and Ey, and δ=ϕ1-ϕ2 is the phase difference. Stokes parameter and the elements of the 
coherency matrix are related as 
0
1
2
3 ( )
xx yy
xx yy
xy yx
yx xy
s J J
s J J
s J J
s i J J
 
 
 
 
                        (1.42) 
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Similar to the elements of coherency matrix, the Stokes parameters of any quasi-
monochromatic plane wave can be determined from six measurements.  
0
1
2
3
(0 ,0) (90 ,0)
(0 ,0) (90 ,0)
(45 ,0) (135 ,0)
(45 , ) (135 , )
2 2
s I I
s I I
s I I
s I I
 
 
 
 
 
                  (1.43) 
 Decompose the wave into mutually independent completely unpolarized and 
completely polarized portions 
2 2 2
0 1 2 3
2 2 2
1 2 3 1 2 3
( ,0,0,0)
( , , , )
u p
u
p
s s s
s s s s s
s s s s s s s
 
   
  
               (1.44) 
su represents the Stokes parameters for completely unpolarized wave, sp represents 
completely polarized wave. And the degree of polarization of the wave can be written as 
2 2 2
1 2 3
0
pol
tol
I s s s
P
I s
 
                       (1.45) 
For monochromatic wave, Eq. 1.41 can be simplified as 
2 2
0 1 2
2 2
1 1 2
2 1 2
3 1 2
2 cos
2 sin
s A A
s A A
s A A
s A A


 
 


                           (1.46) 
s1, s2 and s3 can be regarded as the Cartesian coordinates of a point on a sphere of 
radius s0, the sphere is called Poincaré sphere (Fig. 1.2). Stokes parameters and Poincaré 
sphere are a useful representation for polarization state of light. Sometime, people also 
use (I, Q, U, V) to denote Stokes parameters. 
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Figure 1.2: Poincaré sphere for polarized light representation. 
 
1.5 TISSUE BIREFRINGENCE 
Intrinsic birefringence and form birefringence both contribute to tissue 
birefringence. Intrinsic birefringence comes from the molecular anisotropy property, and 
form birefringence arises from a macroscopic anisotropy in the refractive index or 
dielectric constant. It has been reported (11) that stromal lamellae has intrinsic and form 
birefringence contribution of 30% and 70% of the total birefringence; bovine stroma has 
intrinsic and form birefringence with a relative contribution of 25% and 75% 
respectively. 
 
1.5.1 Intrinsic Birefringence 
Intrinsic birefringence of tissue fiber is similar to a positive uniaxial birefringent 
crystal. A refractive index ellipsoid is commonly used to describe the refractive indices of 
the uniaxial birefringence crystal (Fig. 1.3). 
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Figure 1.3: Refractive index ellipsoid for a positive uniaxial birefringent crystal. 
In the ellipsoid representation above, x, y and z are chosen to be crystal’s principle 
axes. When light travels along z axis of the crystal, no linear birefringence is observed, 
and this axis is called optical axis of the crystal. 
o x y
e z
n n n
n n
 

                          (1.47) 
Where nx, ny, and nz are the refractive indices along x, y and z axes, no and ne are the 
refractive indices for ordinary and extraordinary light when light propagates in the 
direction orthogonal to optical axis of the crystal. The refractive indices for x and y axes 
are equal for uniaxial birefringent crystal. The refractive ellipsoid can be written as 
2 2 2
2 2 2
1
o o e
x y z
n n n
                           (1.48) 
If light propagation direction is with an angle of θ with respect to z axis, the 
refractive index no’ for ordinary light and ne’ for extraordinary light will be 
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2 2
2 2 2
'
1 cos sin
'
o o
e o e
n n
n n n
 

 
                        (1.49) 
And the birefringence Δn becomes 
' 'e on n n                                (1.50) 
In a more general way, refractive index ellipsoid is written in terms of 
impermeability tensor. 
2 2 2
11 22 33 12 23 131 2 2 2x y z xy yz xz                    (1.51) 
Where ηij is impermeability tensor  
1
0
( )
1
ij ij
i ij j
j
E D
 



 
                           (1.52) 
 In an electro-optic medium,   
(0) ...ij ij ijk k ijkl k l
k kl
r E s E E                      (1.53) 
The linear electro-optic effect is the Pockels effect, the quadratic electro-optic effect is 
Kerr effect. Eq. 1.51 can be written in terms of refractive index 
2 2 2
1 2 3 4 5 62 2 2 2 2 2
1 1 1 1 1 1
1 ( ) ( ) ( ) ( ) 2 ( ) 2 ( ) 2x y z yz xz xy
n n n n n n
           (1.54) 
Where contracted notation is used 
12
22 11
22
32
33
23 32
42
13 31
12 21
52
62
1
( )
1
( )
1
( )
( )1
( )
( )
1 ( )( )
1
( )
n
n
n
n
n
n



 
 
 
 
 
 
 
  
  
  
  
   
  
  
  
   
 
 
  
                    (1.55) 
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 According to Eq. 1.53, when Pockels effect exists, the increase in impermeability 
is written as  
12
22 11 12 13
21 22 23
32
31 32 33
41 42 43
42
51 52 53
61 62 63
52
62
1
( )
1
( )
1
( )
1
( )
1
( )
1
( )
x
y
z
n
r r r
n
r r r
E
r r rn
E
r r r
E
n r r r
r r r
n
n
 
 
 
    
  
    
         
       
  
   
 
 
  
                (1.56) 
rij is electro-optic coefficient. This effect is usually used for a phase modulator, applying 
voltage on the Pockels cells to change the polarization state of light. For example, a KDP 
crystal is with electro-optic coefficients 
41
41
63
0 0 0
0 0 0
0 0 0
0 0
0 0
0 0
ijr
r
r
r
 
 
 
 
  
 
 
 
  
                        (1.57) 
With electrical field applied, the refractive index ellipsoid becomes 
2 2 2
41 41 632 2 2
0 0
1 1 1
( ) ( ) ( ) 2 2 2 1x y z
e
x y z r E yz r E xz r E xy
n n n
             (1.58) 
When only Ez is applied, and change coordinate system as 
' '
2
' '
2
'
x y
x
x y
y
z z





                           (1.59) 
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We have   
2 2 2
63 632 2 2
0 0
1 1 1
( ) ' ( ) ' ( ) ' 1z z
e
r E x r E y z
n n n
              (1.60) 
The refractive indices on x’y’ plane are 
1/2 3
' 63 0 0 632
0
1/2 3
' 63 0 0 632
0
1 1
( )
2
1 1
( )
2
x z z
y z z
n r E n n r E
n
n r E n n r E
n


   
   
                (1.61) 
So when light propagates a distance of L along crystal’s z axis, the crystal introduces a 
phase retardation between x’ axis and y’ axis and is linear to the electrical field applied 
' ' 02 ( ) /x yn n L                           (1.62) 
 
1.5.2 Form Birefringence 
For a medium consisting of a macroscopic anisotropic linear structure, such as 
fibrous tissue, relative strong birefringence can be present, which is called form 
birefringence. Biological tissues such as tendons, muscles, nerve, bone, cartilage and 
teeth exhibit form birefringence (Δn). In addition to birefringence, forward propagating 
light may also have a scattering anisotropy resulting in a differential attenuation of 
amplitude, which is called biattenuance (Δχ). When light propagates over a distance L, 
the phase retardation (δ) and accumulated relative attenuation (e-s) between fast and slow 
axes can be written as  
0
0
2 /
2 /
nL
s L
  
  
 
 
                          (1.63) 
Fig. 1.4 shows the origin of form birefringence and biattenuance in fibrous 
tissues. When incident light is propagating in the tissue, electric field oscillating 
perpendicular (E) and parallel (E||) to fiber axis are modified anisotropically due to 
induced surface charges (E0).  
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Figure 1.4: Origin of form birefringence and biattenuance. 
O. Wiener has developed a general theory for the distribution of the electric field 
and the dielectric displacement in a heterogeneous system in 1912, and can be used to 
explain the form birefringence (12-13). The relationship exists between the average field 
E  in the heterogeneous dielectric body and the average fields iE  in the various 
components i of the mixture: 
i
i i
i
i i
V
V E V E
V E Edv




                         (1.64) 
Where Vi is the volume of component i and the summation is taken over all components 
enclosed in the volume V of the mixed body. The same relation is applied for the electric 
displacement D , where εi is the permittivity of the pure compound i. 
i i i
i
V D V E                           (1.65) 
Fibrous tissue structure can be considered as a suspension consisting of parallel circular 
cylinders with liquid-like translational order, each rod with permittivity ε2 is surrounded 
by a shell of solvent with ε1. Assume the rod particles cannot overlap, the average field 
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2E  inside one particle is related to the average field 1E  in the solvent surrounding the 
particle by  
1
2
2 1
1
1 ( ) x
E
E
DP
 




                         (1.66) 
Parameter DPx is the depolarizing factor which depends on the orientation of the rods 
with respect to the external field. For a field parallel to the rod axes, DP|| is zero and the 
fields inside the rod and in the solvent are equal. If the field is perpendicular to the axes, 
DP is 1/2, and the field inside the rod is reduced if ε2 is greater than ε1, or enhanced if ε2 
is smaller than ε1. DPx depends on the shape of particles: planar symmetric particle, for 
fields oriented in the plane (perpendicular to the normal), DP is 0, and parallel to the 
normal DP|| is 1; for spherical symmetry, DPx is isotropic and equal to 1/3. 
 The general expression for a suspension of parallel cylinders can be derived: 
2 1
1
2 1
1
( )
1 (1 )( )
x
x
f
f DP
 
 
 


 

 
                    (1.67) 
Where f is the volume fraction of the particles in the suspension. 
 According to Eq. 1.11, for light incident normal to rod axes, the birefringence can 
be written as 
|| ||
2 1 2 1
1 1
2 1 2 1
||
1 1
0 0
( ) ( )
1 (1 )( ) 1 (1 )( )
n n n
f f
f DP f DP
 
   
 
   
 
 
 

    
 
 
 
   
 
       (1.68) 
 The form birefringence is essentially introduced by the anisotropy of 
depolarization factor DPx. When f is close to 1, the anisotropy effect is reduced, which 
corresponds to the fact that the field becomes more isotropic with increasing 
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concentration. When intrinsic birefringence exists in the particle, ε2 has to be replaced by 
the permittivity on the corresponding axis. 
 
1.6 OCT FOR OPHTHALMOLOGY 
OCT has been applied in ophthalmology, cardiology, dermatology, and neurology 
as a non-invasive, high resolution and high speed three-dimensional imaging technique. 
Nowadays, OCT is a standard of care in ophthalmology. It enables visualization of retinal 
pathology at resolutions not possible with other non-invasive imaging techniques. 
Moreover, it also shows promise for diagnosis and monitoring of diseases such as 
glaucoma, age-related macular degeneration. 
So far, OCT has used light sources with center wavelengths at 830, 1060, 1310 
and 1550 nm. Water absorption is a concern for retinal imaging. As shown in Fig. 1.5, 
due to water absorption in the vitreous fluid anterior to the retina, 1310 nm and 1550 nm 
sources are unsuitable for retina imaging. Most common ophthalmologic sources are 
centered at 830 nm where water absorption is minimal. And more recently, source with 
center wavelength at 1060 nm has been applied for retina imaging as maximum 
permissible exposure (MPE) at this wavelength is much higher than at 830 nm and the 
tissue scattering strength is lower. 
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Figure 1.5: Water absorption spectrum. 
To broaden the application of OCT in ophthalmology, various functional OCT 
imaging techniques have been developed. In this dissertation, polarization-sensitive OCT 
(PS-OCT) and the dual-wavelength photothermal OCT (DWP-OCT) are two functional 
imaging techniques for retinal imaging and diagnosis.  
Retinal nerve fiber layer (RNFL) is known as a weakly birefringent layer due to 
oriented cylindrical structure of the ganglion cell axons (14), clinical studies have found 
that changes in RNFL birefringence may correlate with damage in glaucoma (15-17). In 
addition to traditional intensity OCT, PS-OCT is able to provide the birefringence 
measurement of the RNFL, which can be used as an indication of structural change in the 
cytoskeleton of retinal ganglion cells (RGC), and make early detection of disease such as 
glaucoma possible. 
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Non-invasive quantitative evaluation of microvasculature hemoglobin oxygen 
saturation (SO2) in tissue is important for understanding and monitoring progression of 
inflammatory and ischemic disease such as cancer, stroke and glaucoma (18-19). DWP-
OCT is designed for combining microvasculature blood SO2 measurement function with 
OCT imaging. In these studies, a DWP-OCT is constructed for retina microvasculature 
blood SO2 measurement and demonstrates its feasibility. 
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Chapter 2:  Polarization-Sensitive Optical Coherence Tomography for 
Retinal Nerve Fiber Layer Birefringence Measurement 
 
2.1 INTRODUCTION OF PS-OCT STUDY 
Polarization-sensitive (PS) OCT is a functional extension of OCT. In addition to 
intensity imaging; PS-OCT can provide a measure of a biological sample’s birefringence 
properties (i.e., birefringence, phase retardation and optical axis orientation). PS-OCT 
was first implemented in a bulk optics system (20-21), since polarization state of light 
can be easily controlled and preserved in free space. Later fiber-based PSOCT systems 
were developed (22-24). Compared with PS-OCT systems using bulk optics, fiber-based 
systems provide convenience in alignment but at the cost of polarization mode 
dispersion, additional processing of detected polarization data and more complex 
hardware. Both polarization-maintaining fiber (PMF) and standard single mode fiber 
(SMF) have been implemented for PS-OCT system construction (25-35). PMF based PS-
OCT systems take advantage of PMF’s property that light propagation in two orthogonal 
linear polarization states can be maintained. Due to different propagation velocity of the 
light in two orthogonal states, however, length mismatch of sample and reference arms 
paths is normally compensated by hardware or software (25-27). Due to the fact that 
single mode fiber provides a unitary transformation of the polarization state of 
transmitted light, the polarization signal acquired by a PS-OCT system utilizing SMF has 
to be reinterpreted, and different methodologies have been proposed (28-35). 
PS-OCT has been applied in ophthalmology to investigate birefringence of ocular 
structures including the cornea, crystalline lens and the retinal nerve fiber layer (RNFL). 
Since RNFL is known to be birefringent with microtubules within retinal ganglion cells 
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(RGCs) contributing significantly to the form birefringence (14), measurement of RNFL 
birefringence can be used to monitor structural changes in the cytoskeleton of retinal 
ganglion cells (RGC).  
In polarization optics, degree of polarization (DOP) is usually defined as the ratio 
of intensity of completely polarized light to the total intensity of light. The DOP is unity 
for purely polarized light, smaller than unity for partially polarized light, and is zero for 
unpolarized light. Recently the degree of polarization uniformity (DOPU) (36) was 
introduced and applied by researchers to examine the depth-resolved uniformity of 
backscattered light’s polarization state represented by Stokes parameters on Poincaré 
sphere for multiple A-scans within a small sample region. Factors that may contribute to 
the degradation of DOP with increasing depth in biological tissue include: multiple 
forward scattering events in which light travels through different paths but is singly 
backscattered; polarization state changes when light is forward or backward scattered by 
irregularly shaped particles; and speckle noise and signal-to-noise ratio (SNR) 
degradation with increasing depth (37). 
In this study a single-mode-fiber based swept-source polarization-sensitive OCT 
clinical system was constructed and utilized to investigate the degradation in the degree 
of polarization (DOP) of light backscattered from human RNFL with increasing depth.  
I observe the reduction of the DOP with depth in human RNFL and differences in 
degradation in DOP in superior, temporal, inferior and nasal quadrants was measured.  
 
2.2 CLINICAL PS-OCT SYSTEM 
The clinical polarization-sensitive OCT (Fig. 2.1) system utilized a swept-source 
laser (HSL-1000 by Santec Corp., Komaki, Aichi, Japan) with a sweep rate of 28 kHz, 
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1064 nm center wavelength and a spectral scan range of 80 nm, providing an axial 
resolution of 12 μm in tissue. Fig. 2.2 is a digital picture of the clinical swept-source 
polarization-sensitive OCT system. 
 
 
Figure 2.1: Clinical swept-source polarization-sensitive OCT system. PC: polarization 
controller; FP: fiber port; P: polarizer; EOM: broadband electro-optic 
modulator; BS: non-polarization beam splitter; PBS: polarization beam 
splitter. 
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Figure 2.2: SS-PS-OCT clinical system. Slitlamp is on the left. Fiber-based swept-
source PS-OCT system on the right. 
A polarization controller consisting of a linear polarizer and an electro-optic 
phase modulator is utilized to provide three incident polarization states onto sample. The 
electro-optic phase modulator is composed of two lithium niobate (LiNbO3) crystals with 
fast and slow axes oriented at 45° to the linear polarizer. The two LiNbO3 crystals are 
equal length and fast axis of one is coaligned with the slow axis of the other to balance 
intrinsic birefringence and remove polarization mode dispersion. A high voltage 
amplifier controls the phase retardation in the two crystals. The voltage applied to the 
phase modulator is adjusted to provide three polarization states with Stokes vectors (Q, 
U, V) in the right-handed laboratory frame being (1, 0, 0), (-sin30°, 0, sin60°) and (-
sin30°, 0, -sin60°) (33). In the laboratory frame, the horizontal axis is along x, vertical 
(along gravity) is along y and the light propagates along the z direction. 
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The working principle of polarization controller is explained below. The light 
after polarizer (Ein) has Jones vector as 
1
0
inE
 
  
 
                             (2.1) 
As LiNbO3 phase modulator has fast and slow axes at 45° with respect to the 
orientation of linear polarization, a 45° rotation matrix is applied, and I assume the phase 
difference introduced by phase modulator is ϕ, the output electric field Eout becomes  
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   (2.2) 
According to the Pockels effect, the phase difference introduced by crystal is 
proportional to the voltage applied on the crystal. The Stokes vector for Eout is as written 
in Eq. 2.3. By tuning the voltage applied on crystal, any polarization state on QV plane of 
the Poincaré sphere can be achieved. 
( , , , ) (1,cos ,0,sin )I Q U V                       (2.3) 
A 30/70 fiber coupler splits the source light into sample and reference arms. In the 
sample arm, a patient interface delivers OCT light onto patient’s cornea together with a 
line scanning laser ophthalmoscope (LSLO) with an average OCT power of 0.86 mW 
incident on the cornea. Light in the reference arm has two paths; one is connected to a 
balanced detection module to interfere with sample light; the other splits into system 
trigger and an electronic circuit for a resampling clock. A Mach-Zehnder interferometer 
(MZI) is used to generate a resampling clock signal and is connected to an external 
circuit board to quadruple the clock frequency (38).  
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Light reflected from the sample interferes with reference light in a bulk optics 
balanced detection module (Fig. 2.3). Reference light goes through a polarizer oriented at 
45° before interference to ensure equal intensity and zero phase delay in horizontal and 
vertical polarization states. A non-polarization crystal beam splitter is used for balanced 
detection, and two polarization beam splitters separate interference signals into vertical 
and horizontal channels. The bulk optics balanced detection module used for polarization 
detection eliminates the unbalanced polarization transformations between the two 
detection arms.  
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Figure 2.3: Polarization-sensitive balanced detection module. (a) schematic; (b) digital 
picture. 
Assume Isv and Ish represent the vertical and horizontal components of the 
intensity of light reflected from sample, Irv and Irh are vertical and horizontal components 
 32 
of the intensity of reference light, n1 and n2 are refractive indices of sample in vertical and 
horizontal direction, and the depth of imaging position is Δz. The interference signal 
intensity for each channel (Iv1, Iv2, Ih1 and Ih2) can be written as:  
1 1
2 1
1 2
2 2
( ) ( ) / 2 ( ) / 2 ( ) ( ) cos( )
( ) ( ) / 2 ( ) / 2 ( ) ( ) cos( )
( ) ( ) / 2 ( ) / 2 ( ) ( ) cos( )
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          (2.4) 
The π phase shift between Iv1 and Iv2, Ih1 and Ih2 in the interference fringe signal terms is 
introduced by the beam splitter. With the balanced photodetector, the detected signal for 
V-channel (Iv) and H-channel (Ih) is written as 
1
2
( ) 2 ( ) ( ) cos( )
( ) 2 ( ) ( ) cos( )
v sv rv
h sh rh
I k I k I k n k z
I k I k I k n k z
 
 
                   (2.5) 
With this polarization-sensitive bulk-optics balanced detection module, DC terms are 
cancelled while fringe signal terms are maintained (Fig. 2.4). Moreover, with the bulk 
optics setup for two detection arms, polarization states of interfered light after splitting by 
beam splitter are preserved to ensure the equality for balanced detection. According to the 
fact that signals sum by amplitude, noise sums by intensity, a 3 dB SNR increase is 
expected from this detection module. 
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Figure 2.4: (a) Interference signals in each detection arm, a π phase shift is introduced 
between two arms. (b) Signal detected by balanced photodetector, DC noise 
is balanced, fringe is maintained. 
 
2.3 BIREFRINGENCE MEASUREMENT 
2.3.1 Levenberg-Marquardt non-linear fitting algorithm on Poincaré sphere  
Assume the polarization state of light after polarization controller is Ein, the 
transformation introduced by optical fiber and other optical components between 
polarization controller and sample surface is Jin, the transformation of sample is Js 
(double-pass), the transformation introduced by optical fiber and optical components 
between sample surface and detector is Jout. The electric field of light reflected from 
sample surface Es and imaging position inside the sample Ez can be written as: 
s out in in
z out s in in
E J J E
E J J J E


                         (2.6) 
From Eq. 2.6 we have 
1 1
1
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E J J J E
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


                         (2.7) 
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The transformation introduced by the sample can be written in terms of phase retardation 
and optical axes rotation. 
1
s A R AJ J J J
                             (2.8) 
Combining Eqs. 2.7 and 2.8, Ez is written as 
1 1
z out A R A out sE J J J J J E
                         (2.9) 
When the transformation matrix introduced by optical fiber and optical components can 
be assumed to be as a unitary matrix (light amplitude is preserved), Eq. 2.9 indicates that 
the composite effect of the optical fiber, optical components and sample axes orientation 
in the PS-OCT system only produce a coordinate system rotation on Poincaré sphere (28-
29). 
 The coordinate system rotation can be represented in two steps: first rotate the QU 
plane around the V axis, and then rotate the new QV plane around the U axis. The rotation 
that makes Q axis aligned with optical axis of sample in laboratory frame is the rotation 
that describes the transformation from sample frame to laboratory frame. If assume the 
normalized Stokes vector for optical axis of the sample (new Q axis) is  
0 0 0 0 0(sin cos ,sin sin ,cos )             
Then the new U axis becomes 
0 0( sin ,cos ,0)   
And the new V axis becomes 
0 0 0 0 0( cos cos , cos sin ,sin )       
So the Euler rotation matrix can be constructed 
0 0 0 0 0
0 0 0 0 0
0 0
sin cos sin cos cos
sin sin cos cos sin
cos 0 sin
    
    
 
  
 
 
 
 
             (2.10) 
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Applying Euler rotation matrix, we are able to construct the model function 
describing the trajectory of depth-resolved Stokes vectors of light propagating in the 
sample on Poincaré sphere. In absence of diattenuation (39), when light propagates 
through a uniform birefringent layer, the trajectory of normalized Stokes vectors of 
backscattered light rotates about an eigen-axis on Poincaré sphere. Effect of polarization 
transformations in the single mode fiber cause an rotation of the eigen-axis away from the 
equator on the Poincaré sphere (28, 39). If the single mode fiber remains stable while 
switching incident polarization states, equivalent transformations of three incident 
polarization states is produced giving three arcs on Poincaré sphere with a common 
rotation axis. 
From the PS-OCT measurement, interference fringe signals and relative phase 
retardation of light detected in V-channel and H-channel are used to obtain Stokes 
vectors of light returning from each RNFL depth. In each cluster of A-scans, 100 A-
scans’ Stokes vectors are averaged and normalized: (Qmeas,i,s, Umeas,i,s, Vmeas,i,s) are the 
Stokes vector of averaged and normalized Stokes vectors at depth i with incident 
polarization state s; depth-resolved Stokes vector trajectory are traced, and a three-state 
Levenberg-Marquardt nonlinear fitting algorithm is applied to determine optical-axis 
orientation, phase retardation, and birefringence.  
Levenberg-Marquardt nonlinear fitting algorithm is a method that provides a 
numerical solution to the problem of minimizing a function. When biattenuance is 
negligible, we assume Stokes vector of sample optical axis has azimuthal and polar angle 
(φ0, θ0), the azimuthal and polar angles for the Stokes vectors of three incident states are 
(φ1, θ1), (φ2, θ2), (φ3, θ3) and phase retardation per unit depth is δ, total 9 parameters. The 
model function describing the trajectory of arcs can be constructed based on Euler 
rotation matrix and these nine parameters.  
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Figure 2.5: (a) Trajectory of normalized Stokes vectors of backscattered light rotates 
about optical axis, β is cone angle. (b) Rotation of the trajectory on the plane 
normal to optical axis, α is the angle between the projection of Stokes vector 
of incident state on U’V’ plane and U’ axis. 
In Fig. 2.5a, the cone angle β is the angle between optical axis and incident state. 
Consider incident state 1, assume OA and 1OI refer to the Stokes vectors of optical axis 
and incident polarization state1. 
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 (2.11) 
Fig 2.5b shows the rotation of the trajectory on the plane normal to optical axis, 
and as discussed before, this rotation can also be considered as a rotation in a coordinate 
system where Q’ axis is the rotation axis, U’ and V’ axes are (-sinφ0, cosφ0, 0) and (-
cosθ0cosφ0, -cosθ0sinφ0, sinθ0) respectively. The angle α is the angle between the 
projection of 1OI on U’V’ plane and U’ axis. α is derived based on the projections of 
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1OI on U’ and V’ axes, where operation atan2 is used and represents inverse tangent in 
four quadrants. 
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In the Q’U’V’ coordinate system, the Stokes vector for light backscattered from 
depth i is written as 
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Convert Stokes vectors from Q’U’V’ coordinate system to QUV coordinate 
system by simply multiplied by Euler rotation matrix derived before. 
0 0 0 0 0
0 0 0 0 0
0 0
sin cos sin cos cos '
sin sin cos cos sin '
cos 0 sin '
i i
i i
i i
Q Q
U U
V V
    
    
 
     
    
     
    
    
        (2.14) 
Model function for depth-resolved Stokes vectors of backscattered light with 
different incident states can be derived. Each point on the model function represents one 
fitted value (Qmodel,i,s, Umodel,i,s, Vmodel,i,s) at depth i for incident state s. Levenberg-
Marquardt nonlinear fitting algorithm are applied to minimize the difference between 
fitted values and measurement values to estimate the 9 parameters (Eq. 2.15). 
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A typical fit of three recorded arcs on the Poincaré sphere (Fig. 2.6) correspond to 
three incident polarization states in which all three arcs rotate around a common axis; the 
rotation angle represents the double pass phase retardation of light propagating through 
and backscattered from the RNFL.  
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Figure 2.6: Depth-resolved Stokes vector on Poincaré sphere for one cluster 
corresponding to three incident polarization states. Each arc represents the 
fitted trajectory of one incident polarization state. 
 
2.3.2 Clinical PS-OCT study  
 PS-OCT measurements were recorded from patients enrolled in a clinical study at 
the Eye Institute of Austin (EIA) and the Duke Eye Center. Patients were carefully 
selected, inclusion criteria for the study included: age between 40 and 80, visual acuity 
score of 20/40 or better, spherical refraction with ±5 diopters and cylinder refraction with 
±3 diopters. Patient measurement protocol was: 1. PS-OCT measurement, 2. GDx nerve 
fiber analyzer, 3. Optovue OCT test, 4. Visual field test and eye exam (40). 
80 subjects were enrolled in this study, including normal subjects, glaucoma 
suspects, and glaucoma patients (Tab. 2.1). In addition to SS-PS-OCT data, GDx and 
Optovue OCT data were also recorded. 
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Study Site Glaucoma patient Glaucoma suspect Normal control 
Eye Institute of 
Austin 
9 19 15 
Duke Eye Center 16 2 19 
Table 2.1: Patients enrollment in clinical study. 
 A typical SS-PS-OCT data set obtained from one subject includes ten intensity 
cluster ring scan images (Fig. 2.7), cluster ring scan thickness map, cumulative phase 
retardation map and birefringence map with blood vessels superposed (Fig. 2.8). 
 
 
Figure 2.7: Retina cluster ring scan intensity image with segmentation.  
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Figure 2.8: (a) Cluster thickness map (μm); (b) Phase retardation map (degree); (c) 
Birefringence map (degree/μm). 
 
2.4 DEGRADATION OF DEGREE OF POLARIZATION 
2.4.1 Polarization Processing  
To investigate the degradation of degree of polarization in human RFNL, 
processing method as shown in Fig. 2.9 is developed. Starting from Box 1, Stokes vectors 
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(Box 2.1) and Jones vectors (Box 2.2) are constructed for depth-resolved A-scan signals 
recorded in the laboratory frame. For each incident state, depth-resolved Stokes vectors 
for 100 A-scans are averaged and normalized to reduce polarimetric noise by a factor of 
approximately 10 (Box 3); and ideally these three arcs rotate about a common axis 
corresponding to RNFL’s optical axis. The trajectories on the Poincaré sphere 
corresponding to the three incident states are constructed based on averaged and 
normalized Stokes vectors. The Stokes vector of the optical axis is determined by using a 
Levenberg-Marquardt nonlinear least-square fitting algorithm to fit a single vector 
originating from the center of Poincaré sphere to be the rotation axis of all three arcs 
(Box 4). Note that whether this axis represents fast or slow axis can be determined by the 
direction of rotation of the trajectory with increasing RNFL depth. Fast and slow axes are 
orthogonal to each other in the Jones vector formalism; on the Poincaré sphere, their 
Stokes vector representations are on polar-opposite sides of the Poincaré sphere. 
In the Jones vector calculus, (Ex, Ey) represents a polarization state where the two 
components Ex and Ey represent analytic signal for the complex electric field along the x- 
and y-axis in the laboratory frame. In a linearly form-birefringent fibrous tissue, fast and 
slow axes correspond to directions parallel and perpendicular to the tissue fiber 
orientation (12). We adopt a Jones vector formulation by assuming a coordinate system 
parallel and perpendicular to the fiber orientation to analyze propagation of amplitude 
and phase of backscattered light in the native coordinate system of the fibrous tissue 
sample frame (SF). Depth-resolved polarization data are transformed from the laboratory 
frame (LF) into SF by projecting their Jones vectors onto fast and slow axes of the 
fibrous tissue sample (Box 5.1 and 5.2). In Fig. 2.9, subscript x and y represent two 
orthogonal axes in the laboratory frame (LF); subscript x’ and y’ represent two 
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orthogonal axes in the sample frame (SF); subscript f and s represent fast and slow axes; 
and subscript i refers to a single A-scan 
 
 
Figure 2.9: Flow chart diagram of processing to transform depth-resolved polarization 
data from the laboratory frame (LF) into the fibrous tissue sample frame 
(SF). Blue arrows indicate data transformation; red arrows indicate the fast 
and slow axes determined in Box 4 are applied in Box 5.1 and 5.2 for 
conversion from LF to SF. 
 After obtaining depth-resolved Jones vectors of backscattered light in the SF, the 
phase difference ' 'y x   between 'xE  and 'yE  is the phase retardation introduced by 
the sample birefringence. Since the RNFL is assumed to be a linear birefringent layer, a 
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linear fit is applied to phase retardation data ' 'y x   with respect to sample depth; phase 
retardation values on the fitted curves are taken as the theoretical phase retardation 
' ',y x t   at that depth, while the slope of this linear fit indicates phase retardation per unit 
depth of the sample or birefringence. Each cluster is interrogated by three incident 
polarization states, under ideal condition, three states’ phase retardation per unit depth 
should be identical, as a linear fit is applied separately for each incident state, phase 
retardation per unit depth for different incident states may vary from each other slightly, 
which can be caused by measurement error and polarimetric noise. 
To investigate degradation in DOP with increasing RNFL depth, each cluster’s 
100 A-scans are also converted from the laboratory frame (LF) to the sample frame (SF) 
( ',x iE , ',y iE ) based on the same optical axes, and the phase retardation ' ',y x i   is computed 
vs. depth for each A-scan.  
Coherency matrix (see Chapter 1) is utilized, for convenience, we write again here 
(Eq. 2.16). In polarization optics, the coherency matrix J is defined as (10) 
* *
* *
xx xy x x x y
yx yy y x y y
J J E E E E
J
J J E E E E
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             (2.16) 
Where Ex, Ey are the complex electric fields along two orthogonal axes, the bracket 
represents time average and the * superscript refers to complex conjugate. Jxx and Jyy are 
the intensity of electric field along the two axes; Jxy and Jyx are complex conjugate to each 
other and the phase is the effective phase (arg(Jxy)) retardation between the two axes. The 
degree of polarization P is written as in Eq. 2.17 
2 2
4( )4 | |
1 1
( ) ( )
xx yy xy yx
xx yy xx yy
J J J JJ
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J J J J

   
 
            (2.17) 
 According to Eqs. 2.16 and 2.17, a more randomized phase difference between Ex 
and Ey corresponds to an average value of ExEy* or EyEx* (Jxy or Jyx) closer to zero, 
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resulting in a smaller degree of polarization. Moreover, normalized Jxy is written as jxy in 
Eq. 2.18, the absolute value | jxy | represents the degree of coherence between light 
oscillating along the two axes. Unlike degree of polarization, the degree of coherence 
depends on coordinate system, and it shows the correlation between electric fields along 
two orthogonal axes. Randomization of phase difference between the two axes also 
corresponds to a reduced degree of coherence. 
xy
xy
xx yy
J
j
J J
                           (2.18) 
We investigate depth-resolved changes in the degree of polarization (DOP) and 
degree of coherence of backscattered light in the sample frame corresponding to 
directions parallel and perpendicular to the nerve fibers. Variation of phase retardations 
of 100 A-scans from fitted values (var(Δφ)) is calculated at each depth position (Eq. 
2.19). The statistics we analyze for one cluster’s polarization data corresponds to slightly 
offset spatial positions recorded at different times. 
2
' ', ' ',var( ) ( )y x i y x t
i
                             (2.19) 
Larger values of var(Δφ) corresponds to a lower DOP in the RNFL, and increased 
variation with increasing RNFL depth indicate degradation in DOP associated with a 
depolarization process when light propagates through the RNFL. In addition, amplitude 
variation of the 100 A-scans parallel and perpendicular to fiber axes are also calculated 
(Eq. 2.20). 
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2.4.2 Variation of phase retardation and intensity  
An RNFL cluster ring scan intensity image of a 28 year-old healthy female 
subject’s left eye (Fig. 2.10) centered on the optic nerve head is recorded with a 4 mm 
ring diameter. Ring scans start in the superior quadrant, pass through temporal, inferior, 
and nasal quadrants. A total of 36 clusters (cluster 0 to cluster 35) are divided into four 
quadrants: superior quadrant (clusters 0-5 and cluster 30-35 spanning an azimuthal angle 
of 120°), temporal quadrant (clusters 6-10 spanning an azimuthal angle of 50°), inferior 
quadrant (clusters 11-22 spanning an azimuthal angle of 120°), and the nasal quadrant 
(clusters 23-29 spanning an azimuthal angle of 70°). In the measurement, clusters that 
correspond to each quadrant may vary or shift by two or three clusters due to patient 
movement or subject differences. As shown in Fig. 2.10, each cluster consists of 100 A-
scans, the average of 100 A-scans’ intensity signal is used for cluster segmentation, and 
anterior and posterior boundary of the RNFL is found based on intensity thresholding and 
when necessary manually corrected by visual inspection. 
 
 
Figure 2.10: A cluster ring scan intensity image of RNFL of a 28 year-old healthy female 
subject’s left eye. Vertical axis represents pixel in depth; horizontal axis on 
top represents cluster number (0-35); green bars and red bars indicate 
anterior and posterior boundary of RNFL. 
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The PS-OCT signal processing method described above (Section 2.4.1) uses a 
Levenberg-Marquardt fitting algorithm on the Poincaré sphere. To examine changes in 
the DOP when light propagates in RNFL, we present four clusters’ phase retardation, 
phase retardation variation and intensity variation of three incident states, each with 100 
A-scans (Fig. 2.11). In Fig. 2.11, each row represents one cluster, from the top-to-bottom 
clusters correspond to cluster 3, cluster 6, cluster 16 and cluster 24 in the intensity image 
(Fig. 2.10); each represents a typical cluster in superior, temporal, inferior and nasal 
quadrants for comparison. Leftmost column shows phase retardation between fast and 
slow axes with respect to depth, vertical axis represents phase retardation in the unit of 
radians, horizontal axis is RNFL depth in pixels (one pixel corresponds to 4.7μm physical 
depth in RNFL), three solid curves correspond to three incident polarization states on the 
retina and the dashed lines are a linear fit; middle column is phase retardation variation 
with respect to depth, solid curve is the sum of the variation of three incident states, and 
dashed line is a linear fit to estimate the increasing trend of phase retardation variation 
with depth. Rightmost column is intensity variation along depth, solid curve is the 
intensity variation of field amplitude along the fast axis, and dashed curve is the intensity 
variation of the field amplitude along the slow axis, intensity variation is the sum of the 
variation of three incident states.  
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Figure 2.11: Cluster phase retardation vs. depth (leftmost column), phase retardation 
variation vs. depth (middle column) and intensity variation vs. depth 
(rightmost column). Each row represents one cluster: Top row is in the 
superior quadrant, second row from the top is in temporal quadrant, third 
row from the top is in the inferior quadrant and bottom row is in the nasal 
quadrant. 
Phase retardation between RNFL fast and slow axes vs. depth (Fig. 2.11) is 
calculated based on averaged PS-OCT data of 100 A-scans and increased with depth-
because the RNFL is a weakly birefringent layer. A linear fit is applied to estimate the 
birefringence (phase retardation per unit depth) for each incident polarization state. Three 
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incident polarization states are separated with different initial phase retardations 
introduced by the LiNbO3 polarization modulator. Slope of the linear fit is phase 
retardation per unit depth; average of the slope over the three states gives cluster 
birefringence. The cluster in the superior quadrant has a birefringence of 4.44×10
-4
, 
cluster in the temporal quadrant has a birefringence of 2.31×10
-4
, cluster in the inferior 
quadrant has a birefringence of 3.69×10
-4
, and cluster in the nasal quadrant has a 
birefringence of 1.99×10
-4
. These birefringence values are consistent with values for 
human RNFL reported previously (41-44). Phase retardation variation is computed by 
comparing values from each A-scan with the fitted value (Eq. 2.19). The variation is 
considered to be introduced by polarimetric noise. As shown in the second column of Fig. 
2.11, though the variation oscillates about the linear trend line, a general increasing trend 
is observed with increasing RNFL depth, suggesting a degradation in the DOP with 
increasing depth due to varying phase. To quantitatively estimate the increasing trend of 
variation, we use a linear fit to characterize the variation: a larger fitted slope to the trend 
indicates a more rapid depolarization and faster reduction in the DOP with increasing 
depth. A linear fit has the advantage to constrain the fitting curve to most of the data 
without being disturbed by abrupt changes and to clearly illustrate the data trend. Effects 
not related to optical activity in RNFL (such as abrupt variation increase due to boundary 
misdetection) can be minimized. Variations in the light amplitudes along the two fibrous 
tissue sample axes (parallel and perpendicular to nerve fiber) are also computed. 
Amplitude variations along the fast and slow sample axes follow each other closely, and 
increase with depth similar to phase retardation variation. The results suggest that 
degradation in the DOP with increasing RNFL depth is associated with both 
randomization of phase retardation and an energy transfer between light oscillations 
parallel and perpendicular to the fiber axes. 
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The increased variation in phase retardation and amplitude with RNFL depth is 
clearly observed (Fig. 2.11), Phase retardation variation slope (PRVS) and amplitude 
variation slope (AVS) of all 36 clusters are computed and presented in Fig. 2.12. For 
comparison, quadrants are separated by dashed lines in Fig. 2.12 based on the azimuthal 
angular boundaries indicated above. Clusters in superior and inferior quadrants have 
relatively small PRVS and AVS; clusters in the nasal quadrant exhibit larger PRVS and 
AVS, and clusters in the temporal quadrant have the highest PRVS and AVS, which 
corresponds to the most rapid degradation in the DOP with increased RNFL depth. 
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Figure 2.12: (a) PRVS vs. cluster. (b) AVS vs. cluster. Quadrants are separated by 
dashed lines. 
PS-OCT data from 10 healthy subjects with age ranging from 20 to 70 were 
collected for this study. All clinical data were collected with IRB approval and the 
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clinical trial is registered as NCT01222065. Cluster polarization data was recorded at 
rings with diameter 3-4 mm centered on the optic nerve head (right eye in 3 subjects and 
left eye in 7 subjects), and processed to obtain the PRVS and AVS of each cluster. For 
each subject, the average of PRVS is calculated for each quadrant (R1, R2, R3, R4) to 
represent the reduction of DOP in the quadrant (Subscripts 1-4 correspond to superior, 
temporal, inferior and nasal respectively). The PRVS (R1, R2, R3, R4) were normalized 
for each subject by  
                         
4
1
/
ji i
j
RNR R

                           (2.21) 
With 10 sets of (NR1, NR2, NR3, NR4) we are able to calculate the mean and 
standard deviation of normalized average PRVS (Fig. 2.13a) for four quadrants. In a 
similar way, mean and standard deviation of normalized average AVS in each quadrant is 
also calculated (Fig. 2.13b). Strongest degradation in DOP with increasing RNFL depth 
is observed in the temporal quadrant compared with the other three quadrants. 
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Figure 2.13: (a) Mean and standard deviation of 10 subjects’ normalized average PRVS 
in each quadrant. (b) Mean and standard deviation of 10 subjects’ 
normalized average AVS in each quadrant. 
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A paired t-test (Tab. 2.2) is applied to examine the difference in normalized 
average PRVS between superior and temporal, inferior and temporal, nasal and temporal. 
The two-tail p-values for superior compared with temporal (0.016) and inferior compared 
with temporal (0.028) show statistical significance (<0.05). 
 
 p-value (two-tail) 
Superior vs. Temporal 0.016 
Inferior vs. Temporal 0.028 
Nasal vs. Temporal 0.089 
Table 2.2: Paired t-test p-value (two-tail) of normalized average PRVS for superior vs. 
temporal, inferior vs. temporal, and nasal vs. temporal. 
The paired t-test for normalized average AVS is also presented (Tab. 2.3). But the 
difference between temporal and other three quadrants (superior, inferior and nasal) 
doesn’t show statistical significance. As according to Eqs 2.16 and 2.17, phase 
retardation variation relates directly to the DOP, we consider normalized average PRVS 
as a better indicator of depolarization process and can be used to distinguish temporal 
from the other three quadrants. 
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 p-value (two-tail) 
Superior vs. Temporal 0.18 
Inferior vs. Temporal 0.13 
Nasal vs. Temporal 0.41 
Table 2.3: Paired t-test p-value (two-tail) of normalized average AVS for superior vs. 
temporal, inferior vs. temporal, and nasal vs. temporal. 
 
2.5 DISCUSSION ON DEGRADATION OF DEGREE OF POLARIZATION IN RNFL 
For a PS-OCT system, polarimetric noise includes contributions from 
instrumentation and the sample tissue. In fiber based PS-OCT systems, polarization mode 
dispersion (PMD) (45) in fiber and optical components such as circulator is believed to 
contribute to the polarimetric noise in the birefringence measurement (46-47), and 
approaches have been proposed to compensate for the PMD introduced by single mode 
fiber and other optical components (48). The other source that contributes to polarimetric 
noise is the tissue. This polarimetric noise is associated with the structural properties of 
tissue. When light propagates in the tissue, multiple scattering events can randomize the 
phase retardation, and scattering caused by an irregularly shaped tissue structures can 
introduce an abrupt change in polarization state of backscattered light. The application of 
tissue’s depolarization property may be included in segmentation of the depolarization 
layer by examining degree of polarization uniformity (41). 
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Reduction in the DOP with increasing RNFL depth is found to vary between 
RNFL quadrants. As presented in Fig. 2.13, Tabs. 2.2 and 2.3, superior and inferior 
quadrants exhibit less reduction in the DOP, while the nasal quadrant has relatively 
stronger reduction in the DOP, and temporal has the most significant reduction. In RNFL, 
superior and inferior quadrants have higher microtubule density than temporal and nasal 
quadrants; superior and inferior quadrants have highest birefringence; and the 
polarimetric noise has less impact on the polarization states of backscattered light when 
light is propagating in the structure with higher birefringence. In temporal quadrant, RGC 
axons are known to have the smallest diameter (49), and presumably exhibit a larger 
scattering angle than the other three quadrants; we expect that a larger scattering angle is 
associated with an increase in scattering events and can introduce higher polarimetric 
noise and reduce the DOP of incident light. Highest PRVS and AVS are observed in the 
temporal quadrant. The assumption of a larger scattering angle in the temporal quadrant 
can be verified by measuring and comparing the backscattering angle of different 
quadrants. Ten healthy human subjects’ normalized average PRVS and AVS data 
suggests the phase retardation variation is a better indicator of depolarization than 
amplitude variation and can be used to distinguish temporal quadrant from other three 
quadrants (superior, inferior and nasal). 
 
2.6 ANGLE-RESOLVED OPTICAL COHERENCE TOMOGRAPHY 
2.6.1 Motivation of Angle-Resolved Optical Coherence Tomography  
As discussed above, degradation of the degree of polarization (DOP) of 
backscattered light in human RNFL, which may be associated with scattering angle and 
can be applied to indicate fiber tissue structural properties. A previous study (50) has also 
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shown that in non-human primates, decreased RNFL reflectance was the most robust 
correlate with glaucomatous damage. Potential candidate mechanisms for RNFL 
reflectance decrease include changes in the mitochondrial networks and axonal 
cytoskeleton changes. Mitochondria are recognized as dynamic organelles that constantly 
undergo fusion and fission processes. Fusion of mitochondria can form interconnected 
intracellular networks to maintain a mitochondrial population with a full complement of 
gene products that can mitigate age-related degeneration; recent study (51) has 
demonstrated that mitochondrial fission in differentiated retinal ganglion cell cultures is 
induced in response to elevated hydrostatic pressures. Studies have observed optical 
scattering changes in cells undergoing apoptosis that originate at least in part from the 
mitochondria. A Fourier microscopy approach has been applied to demonstrate that early 
cell apoptosis is accompanied by mitochondrial fission and fragmentation that results in 
more isotropic or large-angle light scattering (52); an angle-resolved OCT has been used 
to record similar scattering changes which may involve mitochondrial fission (53). 
Investigators also have applied OCT to record light scattering changes in cells 
undergoing apoptosis or necrosis (54-55). We believe intensified mitochondrial fission 
can increase large angle scattering, which can decrease the reflectance of a tissue sample, 
other mechanisms such as changes in the axonal membrane or microtubules may also 
contribute to the observed decrease in RNFL reflectance.  
 
2.6.2 Design of Angle-Resolved Optical Coherence Tomography  
Angle-resolved optical coherence tomography (AS-OCT) provides additional 
information that can be used to measure the structural properties of tissues. Angle-
resolved OCT systems have been developed based on various imaging techniques. Mie 
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theory-a model for spherical scattering and the T-matrix-a method for computing 
aspherical scattering have been used as an inverse model to estimate scattering angle (56-
58), and later combined with a fiber-optic interferometric two-dimensional scattering 
system (59) for data acquisition, two-dimensional solid angle resolved measurements can 
be achieved (60). Another approach for angle-resolved measurement is joint-aperture 
OCT, which uses multiple detection channels, and each channel receives backscattered 
light with a certain angle (61).  
Here, we introduce an angle-resolved OCT system based on pathlength 
multiplexing. Different pathlength multiplexing elements (PME) are designed for 
different measurement (Fig. 2.14). 
 
Figure 2.14: Pathlength multiplexing elements (PME) on a wheel. 
In Fig. 2.14, three PMEs are attached on the same wheel, which is convenient to 
switch from one PME to the other, PMEs can be placed in the OCT sample arm (typically 
PMEs are inserted after the lens which collimates the light out of fiber tip (Fig. 2.15)). 
The upper left PME is a radial angle-resolved PME. The PME may be a glass plate with 
different optical thickness between inner ring and outer ring in order to introduce the 
pathlength difference: if we assume inner ring has a lower refractive index than outer 
ring, light that travels through inner ring has a short optical pathlength while that travels 
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through outer ring has a long optical pathlength (Fig. 2.16). Due to double-pass 
propagation, three sub-images will be constructed: short-short (incident light goes 
through inner ring and backscattered light goes through inner ring), short-long/long-short 
(incident light goes through inner ring and backscattered light goes through outer ring or 
incident light goes through outer ring and backscattered light goes through inner ring) 
and long-long (incident light goes through outer ring and backscattered light goes through 
outer ring). The intensity difference between sub-images indicates the difference in 
backscattering angle: short-short corresponds to low angle incident-low angle 
backscattered, short-long/long-short corresponds to low angle incident-high angle 
backscattered or high angle incident-low angle backscattered, and long-long corresponds 
to high angle incident-high angle backscattered. Based on similar principle, the PME on 
the upper right is design to resolve the azimuthal angle. And the PME on the lower left is 
identical to the one on upper right but with a 45° rotation in order to observe difference 
between quadrants. The lower right element is used for the case when no PME is needed.  
PMEs can be combined with our current polarization-sensitive OCT system (Fig. 
2.15) for an angle-resolved polarization-sensitive measurement.  
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Figure 2.15: Proposed angle-resolved polarization-sensitive OCT system. 
 
 
Figure 2.16: Radial angle-resolved PME. 
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2.7 FIBER POLARIMETER FOR POLARIZATION-SENSITIVE DETECTION 
2.7.1 Motivation of Fiber Polarimeter  
In last section, an angle-resolved polarization-sensitive optical coherence 
tomography is introduced. Compared with traditional OCT image formation, three sub-
images are constructed based on different incident and backscattered angles, detected 
signal is split into each sub-image; when birefringence information is needed, a 
polarization-sensitive detection module is utilized to separate backscattered light into two 
orthogonal channels, which further reduce the signal level in each sub-image. 
Considering substantial signal loss due to alignment and coupling can exist in a 
polarization-sensitive bulk-optics detection module, a fiber based polarimeter is proposed 
for polarization-sensitive detection to improve image quality and birefringence 
measurement accuracy. 
 
2.7.2 Fiber Polarimeter  
Feasibility of fiber-based polarization-sensitive spectral interferometry has been 
demonstrated (62-63) and can be translated for our application. 
Fig. 2.17 shows the polarization-sensitive OCT detection arm design based on a 
fiber polarimeter. Reference light and light reflected from sample is combined through a 
1X2 fiber coupler. After reference light and sample light interfere, it is split into two 
channels (V-channel and H-channel) in alignment with polarization-maintaining (PM) 
fiber 1’s fast and slow axes, and another segment of PM fiber PM fiber 2 is spliced to PM 
fiber 1 with an angle of 45° with respect to the axes in PM fiber 1. A fiber polarization 
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beam splitter is used to split the light into two channels of balanced photodetector, the 
axes of polarization beam splitter are coaligned with the axes in PM fiber 1.  
 
 
Figure 2.17: Fiber polarimeter for polarization-sensitive OCT. 
A Jones matrix based method can be applied to investigate the detected OCT 
signal. Assume an optical pathlength difference between sample light and reference light 
is Δz, the sample light Es and reference light Er can be written as 
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Where Esv is the electric field of sample light along vertical direction, Esh is the electric 
field of sample light along horizontal direction; Erv and Erh represent the electric field of 
reference light along vertical and horizontal directions. kΔz is the phase difference 
between sample light and reference light due to optical pathlength difference, Δφ 
represents phase retardation of electric field in vertical and horizontal directions 
introduced by sample birefringence. 
 After entering the 1X2 fiber coupler, reference light and sample light interfere, 
interference electric field becomes  
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After the light passes through PM fiber 1 with length l1, the phase of light in V-
channel and H-channel are modified. 
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Where Δn is the refractive index difference between PM fiber’s fast and slow axes. 
 PM fiber 2 has a 45° axes rotation with respect to PM fiber 1, so a rotation matrix 
is applied and assume PM fiber 2’s length is l2. 
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 Polarization beam splitter splits Ein,3 into V-channel (Ein,3v) and H-channel (Ein,3h), 
and the interference signal intensity Iv and IH is written as 
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   (2.27) 
For a balanced detector, the signal output I(k) will be the difference between Iv(k) and 
Ih(k). 
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Rearrange terms in Eq. 2.28, we have 
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 In Eq. 2.29, I(k) is decomposed into I1(k), I2(k) and I3(k). After Fourier transform, 
I1(k) will generate the image that corresponds to the original image but shifted by Δnl2, 
I2(k) will generate the image that corresponds to the original image but shifted by 
Δn(l1+l2), and I3(k) will generate the image that corresponds to the original image but 
shifted by Δn(l1-l2). With this fiber polarimeter, DC noise is balanced, while Stokes 
parameters of sample can be constructed from the multiplexed signals (62-63).  
 The fiber polarimeter provides convenience in construction and alignment 
compared with polarization-sensitive bulk-optics balanced detection module, improves 
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the signal-to-noise ratio, and depth-resolved Stokes parameters of backscattered light can 
be constructed from the multiplexed signals. A swept-source laser with longer coherence 
length is needed as well as a high-speed data acquisition system in order to extend the 
imaging depth and avoid aliasing. 
 
2.8 CONCLUSION ON PS-OCT STUDY 
In this study, a single mode fiber based swept-source PS-OCT clinical system is 
constructed. The PS-OCT system includes a polarization controller which is able to 
introduce three incident polarization states onto the sample. A polarization-sensitive 
bulk-optics balanced detection module is designed and constructed, gives an 
approximately 3 dB SNR improvement and reduces the polarimetric noise introduced by 
single mode fiber.  
PS-OCT demonstrates its capability of human RNFL birefringence measurement 
in the clinical study conducted in Eye Institute of Austin and Duke Eye Center, 80 
subjects’ PS-OCT data are recorded. 
 A polarization processing method is developed for investigation of degradation 
in the degree of polarization (DOP) with increasing depth in RNFL. An increase in phase 
retardation variation with increasing RNFL depth is observed and demonstrates the 
degradation in the DOP. Ten healthy subjects’ cluster ring scan polarization data is 
analyzed and suggests that difference in degradation of the DOP between quadrants may 
be associated with known structural properties of microtubules in RNFL axons. 
An angle-resolved polarization-sensitive OCT system is proposed in the end of 
this chapter, which is able to resolve backscattering angle in the PS-OCT measurement 
based on pathlength multiplexing technique. And a fiber polarimeter is designed for 
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polarization-sensitive detection, which provides convenience in alignment and improves 
system SNR. 
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Chapter 3:  Dual-Wavelength Photothermal Optical Coherence 
Tomography for Blood Oxygen Saturation Measurement 
 
3.1 INTRODUCTION OF DWP-OCT STUDY 
Non-invasive quantitative evaluation of microvasculature hemoglobin oxygen 
saturation (SO2) in tissue is important in early detection and monitoring progression of 
inflammatory and ischaemic diseases such as cancer, stroke and glaucoma (18-19). 
Various approaches have been used to assess in vivo microvascular oxygen saturation 
including oxygen-sensitive microelectrodes (64-68), magnetic resonance imaging (MRI) 
(69-73), reflection spectroscopic oximetry (74-79) and phosphorescence quenching (PQ) 
(78, 80-85). Measurement by oxygen-sensitive microelectrodes is a point measurement 
and primarily limited to animal studies; MRI has limited spatial (100-150 μm) and 
temporal (tens of second to minutes) resolution; the phosphorescence quenching 
technique has limited spatial resolution (e.g. 50 μm) and no oxygen sensitive dyes that 
are approved by the United States FDA are available for clinical translation. 
Biomedical investigators are interested in applying OCT approaches to measure 
microvasculature SO2 in tissues. Spectroscopic Fourier Domain OCT (SFD-OCT) (86-
87) has been reported to measure depth-resolved microvasculature oxygenation, but an 
appropriate model has not been given to estimate attenuation coefficients required to 
determine blood SO2 levels using OCT light in the near infrared spectral region (88). 
SFD-OCT has been shown to provide sufficient sensitivity to quantify microvascular SO2 
levels using visible wavelengths (460-700 nm) where hemoglobin absorption is relatively 
large (89-90). However, SFD-OCT using visible wavelength sources is compromised due 
to limited imaging depth which is restricted by increased scattering. 
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Photothermal OCT is a functional imaging technique that is able to measure 
optical pathlength variation of OCT light backscattered from tissues in response to an 
excitation beam. Adler has demonstrated photothermal OCT using a gold nanoparticle 
contrast agent (91); Skala has developed photothermal OCT for high resolution molecular 
imaging (92); and Paranjape has reported using photothermal OCT to detect macrophages 
in tissue (93). So far, reported applications of photothermal OCT have focused primarily 
on light absorption by nanoparticles. Previously, our group reported using dual-
wavelength photothermal OCT (DWP-OCT) to measure microvasculature SO2 both in 
phantom (94) and in vivo (95) blood vessels using a common-path Phase-Sensitive (PhS) 
OCT system (96). Because a common path interferometer was used, imaging by scanning 
the beam was difficult and results were limited to point microvasculature SO2 
measurement. Compared to two-beam interferometers, common path interferometry 
provides higher sensitivity and stability to measure phase of interference fringes of light 
backscattered from transparent and scattering media. Despite these advantages, several 
drawbacks of prior common-path DWP-OCT system (94-96) design are recognized: 1) 
recording en-face images is challenged by incorporating a 2D scanning system into the 
sample arm; 2) a short working distance associated with common-path DWP-OCT 
introduces problems for the operator to position the OCT probe beam at a desired sample 
measurement location; 3) the short working distance makes intravascular, retinal and 
endoscopic applications challenging. 
In this study I constructed a DWP-OCT system that uses two-beam interferometer 
and allows for both imaging and measurement of SO2 levels. Phantom blood vessels are 
used for blood SO2 measurement, DWP-OCT measurement results are compared with 
commercial oximeter measurement values. Error analysis is provided, and the influence 
of blood flow and thermal diffusion on DWP-OCT measurement is investigated. 
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3.2 HARDWARE IMPLEMENT OF DWP-OCT 
In this study, a DWP-OCT system using a fiber Michelson interferometer was 
constructed for imaging and blood SO2 measurement. Interferometric fringe phase 
stabilization is a critical feature required for SO2 measurement. In a generic phase-
sensitive swept-source (SS) OCT system, two mechanisms contribute to phase noise: 1) 
inconsistency of the start wavelength between successive A-scans; and 2) non-specific 
mechanical movement of optical elements in sample and reference arms. To resolve the 
first issue, 5% of light in the sample arm is coupled to a high-reflectivity mirror which is 
sufficient to form a high SNR interference fringe signal with reference light but too weak 
to introduce an artifactual autocorrelation and interference signal with light backscattered 
from the sample. Light reflecting from a high-reflectivity mirror in the sample path 
introduces a feature-line in recorded B-scans positioned below the image sample and 
does not compromise image quality. To minimize the second source of phase noise (due 
to non-specific mechanical movement of optical elements), the sample beam scanning 
system is constructed using a stable mechanical cage system.  
Blood SO2 measurement value is dependent on the ratio (χ) of optical pathlength 
(op) signal amplitude at modulation frequencies introduced by 770 nm and 800 nm 
photothermal excitation light. To balance incident fluence of photothermal excitation 
beams, the scanning optics is designed to provide nearly equivalent spot sizes for 770 nm 
and 800 nm light. Fig. 3.1 shows molar extinction coefficient for oxygenated hemoglobin 
(HbO2) and deoxygenated hemoglobin (Hb). The absorption coefficients of HbO2 and Hb 
are similar at 800 nm while they differ significantly from each other at 770 nm.  
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Figure 3.1: Molar extinction coefficient for oxygenated hemoglobin (HbO2) and 
deoxygenated hemoglobin (Hb). 
DWP-OCT system (Fig. 3.2) for imaging and blood SO2 measurement consists of 
two major systems: 1) a swept-source Phase-Sensitive (PhS) OCT system that provides 
accurate depth-resolved phase measurement with a 300 pm lower bound of detectable op 
signal amplitude; and 2) two excitation lasers (770 nm and 800 nm) that are intensity 
modulated at 400 Hz and 380 Hz, respectively, and introduce a nanometer-scale 
harmonic op signal amplitude due to blood absorption. 
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Figure 3.2: DWP-OCT system schematic, WDM: wavelength division multiplexer, 
FBG: fiber Bragg grating, PC: polarization controller, PD: photodetector. 
 The phase sensitive OCT system uses a swept source laser (HSL-1000 by Santec 
Corp. Komaki, Aichi, Japan) with a 28 kHz A-line rate, center wavelength at 1060nm and 
full-wave-half-maximum spectral width of 58 nm. Single-mode optical fiber (HI1060 by 
Corning Inc., Corning, NY) is utilized to construct the interferometer. Light emitted by 
the swept-source laser is split into three subsystems: 1) trigger; 2) sampling clock; and 3) 
signal interferometer. 
The trigger subsystem utilizes a fiber Bragg grating (FBG) to ensure the digitizer 
starts data acquisition at a consistent and repeatable wavenumber for each A-scan. The 
sampling clock subsystem consists of a Mach-Zehnder interferometer with clock rate set 
by adjusting the interferometric light delay. The sampling clock signal received by a 
balanced photodetector is input into an external analog circuit, frequency quadrupled; and 
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used as a sampling trigger for the analog-to-digital converter (38). The third subsystem is 
the Michelson signal interferometer with sample and reference arms. An optical 
circulator (1060 PI TGG by Agiltron Inc. Woburn, MA) is used in the sample arm of the 
Michelson interferometer to increase SNR (97). The sample arm contains two light paths: 
1) a path to the phantom blood vessel with an achromatic scanning system consisting of 
two galvanometers and an afocal telescope; 2) a high-reflectivity mirror used for phase 
stabilization. The achromatic scanning system is designed and simulated in optical design 
software (Zemax by Radiant Zemax, LLC Redmond, WA) and provides micrometer-
scale lateral resolution and imaging three co-aligned beams; the computed diffraction 
encircled energy computation gives a 13 μm lateral resolution for 770 nm and 800nm 
excitation beams, and 14 μm for the 1060 nm PhS-OCT probe beam.  
After acquisition of the interference fringe signal uniformly in wavenumber (or 
optical frequency), computing a fast Fourier transform (FFT) of the signal, we obtain a 
complex number data array for each A-scan; complex number amplitude is used to 
construct an OCT intensity image, and complex number angle is used to determine phase 
of the depth-resolved fringe signal. Signal phase of light reflecting from the mirror in the 
sample path is utilized to correct for any error introduced by delay in data acquisition. 
Phase errors at any sample depth ( sd ) are eliminated by subtracting the reference phase 
scaled by depth from the sample phase as in Eq. 3.1 (98): 
- s
r
d
sc s rd
                               (3.1) 
Where sc is corrected sample phase, s is sample phase acquired from the raw signal 
FFT, r is reference phase obtained from interference between light reflected from the 
mirror in the sample path and reference arm, and sd and rd are sample and reference depths 
respectively. 
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The system operates in real-time in either OCT intensity imaging or M-mode 
phase imaging. Data acquisition and signal processing software are written in Labview 
(National Instrument Corp. Austin, TX). System sensitivity is 102 dB (shot-noise limited 
sensitivity is 107 dB), and axial resolution is 13 μm in tissue with application of a real-
time digital dispersion compensation algorithm (99-100). The axial resolution is limited 
by polarization mode dispersion in the circulator. After Fourier transform of M-mode 
phase data (i.e. one second duration), with a calibration process, phase of light 
backscattered from a selected sample depth is converted to optical pathlength 
(op=λ*φsc/2π, where λ is center wavelength and φsc is corrected sample phase).  Mean 
noise level in the signal frequency region corresponding to intensity modulation of 
photothermal excitation light (360-420 Hz) is taken as the op signal noise floor and 
measured at 300 pm. 
Photothermal excitation beams are emitted from two 100mW single-mode fiber 
(HI780 by Corning Inc. Corning, NY) pigtailed laser diodes (QFLD-780-100S by 
QPhotonics, LLC, Ann Arbor, MI for 770 nm and QFLD-795-100S for 800 nm), light 
from these sources  are coupled into the DWP-OCT system’s sample arm through a 
wavelength division multiplexer (WDM) (PSK-000851 by Gould Fiber Optics, 
Millersville, MD). Both the WDM and PhS-OCT system are constructed using HI1060 
corning fiber which is single-mode for 1060 nm probe light and allows two or three 
propagation modes at photothermal excitation wavelengths of 770 nm and 800 nm. 
Temperature of each laser diode is precisely controlled within a fraction of a degree (K) 
and selected to ensure emission at the desired wavelength as calibrated using a 
spectrometer. Photothermal excitation power incident on the sample for 800nm and 
770nm wavelengths is 2.78 mW and 2.87 mW, respectively, both within ANSI limits for 
skin. Intensity modulation frequencies for photothermal excitation light [770 nm (400 
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Hz) and 800 nm (380 Hz)] are selected in a signal frequency range where phase noise is 
low (0.3 nm) and optical pathlength (op) signal amplitude is high. Procedure to determine 
the optimum photothermal excitation frequency to maximize op signal-to-noise ratio for 
blood was reported previously (95). OCT probe (1064 nm) and photothermal excitation 
(770 nm and 800 nm) beams are co-aligned and coincident on the sample. 
 
 
Figure 3.3: A digital picture of DWP-OCT system. 
 
3.3 BLOOD OXYGEN SATURATION CALCULATION 
We assume that op signal amplitude due to absorption by blood is linear with 
fluence of photothermal excitation light, neglecting the effect of thermal diffusion (Eq. 
3.2). Where τ is photothermal excitation period, I is the average intensity of excitation 
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light, μ is absorption coefficient, subscripts 1 and 2 correspond to 770 nm and 800 nm 
wavelength of excitation light respectively. 
1(2)
1(2) 1(2) 1(2) 1(2) 1(2) 1(2)(1 )
l
op I e I l

  

                  (3.2) 
 Fluence over one period  and absorption coefficient μ can be written as  
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                     (3.3) 
Where αo and αd are tabulated molar extinction coefficients of oxygenated and 
deoxygenated hemoglobin (cm
-1
mM
-1
). 
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 co and cd are concentrations of oxygenated and deoxygenated hemoglobin (mM). 
 Based on the equations above, blood oxygen saturation (SO2) can be derived as 
0
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                (3.5) 
Where  
12 1 1 2 2( / ) / ( / )op op                         (3.6) 
op is measured optical pathlength amplitude. Ratio of the two excitation beams’ 
fluence (2/1) at the sample is calibrated before measurement. The op signal amplitude 
at each photothermal excitation wavelength (op1 and op2) is determined by computing 
magnitude of the signal phase oscillation at respective modulation frequencies of 
excitation light (Fig. 3.4). 
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Figure 3.4: Spectra of op signal amplitude induced by 770 nm (5 nm, 400 Hz) and 800 
nm (6 nm, 380 Hz) excitation light. 
 
3.4 PHANTOM VESSEL BLOOD OXYGEN SATURATION MEASUREMENT 
3.4.1 50-μm inner-diameter phantom vessel experiment  
A 50-μm inner diameter polytetrafluoroethylene (PTFE) conduit (SUBL 060 by 
Braintree scientific, INC, Braintree, MA) containing porcine blood is used as a blood 
vessel phantom. A desired blood SO2 level is achieved by adding sodium dithionite to the 
blood sample to deoxygenate. Six blood samples were prepared at different SO2 levels 
(99.6%, 89.2%, 84.1%, 69.0%, 57.3% and 3.0%). To provide a scattering background for 
imaging, the phantom blood vessel is placed on a sheet of white-colored copy paper. 
After imaging, blood SO2 measurements are recorded in an M-mode acquisition at a 
selected position in the lumen of the phantom vessel (Fig. 3.5). 
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Figure 3.5: B-Scan image of a 50 μm inner-diameter phantom vessel containing blood 
positioned on a sheet of white-colored copy paper. 
 We observed op signal amplitude in the phantom vessel containing blood 
resulting from photothermal excitation with 770 nm and 800 nm light. In a control 
experiment, with the phantom vessel containing water, no op signal was detected in 
response to photothermal excitation.  
 A two-vessel phantom was constructed to demonstrate DWP-OCT imaging of an 
arterial-venous vessel pair. Two 50 μm inner-diameter phantom vessels are attached to a 
sheet of white-colored copy paper to provide a scattering background for imaging. The 
two phantom vessels are filled with porcine blood, and digital syringe pumps are used to 
introduce flow (2.8 mm/s) in opposite directions in each phantom vessel (Fig. 3.6), 
average flow speed is calculated by dividing the syringe pump infusion flow rate (0, 20, 
40, 60, 80, 100 and 120 μL/hour) by the phantom vessel’s lumen cross-sectional area 
(1.96×103 μm2). 
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Figure 3.6: (a) En-face image of an arterial-venous phantom vessel pair; (b) B-scan 
image at the indicated site. Arrows in (a) indicate blood flow direction. 
 DWP-OCT phase data was recorded over a time period of one-second at the 
bottom of the lumen in one of the phantom vessels (Fig. 3.5). Optical pathlength (op) 
signal amplitude was determined for each 0.5 second data acquisition period by 
computing the fast Fourier transform (FFT) of phase (φsc) data. For each one-second of 
acquired DWP-OCT data, 15 sub-segments were analyzed with a 1/28 second offset 
between successive 0.5 second data segments. For each 0.5 second data segment, op 
signal amplitudes at 380 Hz and 400 Hz were calculated, and SO2 level was estimated 
according to Eq. 3.5. In the experiment, DWP-OCT data segments longer than 1 second 
were not recorded due to phase drift. Estimates of op were obtained using a moving 
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window average approach which is preferred for short signal durations to reduce high 
frequency noise. Phase noise in the op signal amplitude increases variance in computed 
SO2 levels (see error propagation model in section 3.5).  Mean of SO2 values derived 
from 15 sub-segments’ gives a better estimate and a moving window smoothes time 
variation of oxygen saturation. Averaging SO2 values over the sub-segments suppresses 
phase noise in the op signal amplitude. 
 To demonstrate DWP-OCT for blood SO2 measurement, the six blood samples 
prepared at different SO2 levels were measured (99.6%, 89.2%, 84.1%, 69.0%, 57.3% and 
3.0%) with a commercial blood oximeter (AVOXimeter 1000E by International 
Technidyne Corp. Edison, NJ); each blood sample is separated into two volumes to 
ensure DWP-OCT and oximeter measurements can be carried out simultaneously, thus 
reducing measurement variation due to differences in reoxygenation. DWP-OCT 
measurement time of a single blood sample was shorter than 30 minutes to minimize 
effect of drift in the blood SO2 levels (blood sample is deoxygenated by sodium 
Dithionite) (101). DWP-OCT SO2 measurement results of blood samples are shown in 
Fig. 3.7. Each plot indicates SO2 level deduced from Eq. 3.5 and derived from the fifteen 
0.5 second segments’. The solid line (green) and dashed lines (red and blue) represent 
mean and standard deviation of fifteen segments’ DWP-OCT SO2 values. SO2 levels 
measured by a commercial oximeter are indicated in the right portion of each plot. 
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Figure 3.7: Blood SO2 levels measured in 50-μm inner-diameter phantom vessels by 
DWP-OCT. Solid line (green) represents mean of fifteen 0.5 second 
segments and dashed lines (red and blue) represent standard deviation. SO2 
level measured by a commercial oximeter are indicated in the right portion 
of each plot. Blood is stationary for all measurements. 
 The six blood samples’ SO2 levels cover a substantially wider range than 
physiological variation (from 70% (veins) to 97-99% (arteries)). For each measured level, 
oximeter SO2 measurement results are within experimental error (approximately ±10%) 
of DWP-OCT measurement values (Fig. 3.8). The AVOXimeter 1000E features a 
specified accuracy of ±1% and precision of ±0.5% for blood SO2 measurements. 
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Figure 3.8: Blood SO2 levels in 50-μm inner-diameter phantom vessel measured by 
DWP-OCT (vertical) vs. oximeter values (horizontal). Blood is stationary 
for all measurements. 
 
3.4.2 300-μm inner-diameter phantom vessel experiment  
 Another microvessel phantom is constructed using a 300 μm inner diameter 
polytetrafluoroethylene (PTFE) conduit (SUBL 060 by Braintree scientific, INC, 
Braintree, MA). Six porcine blood samples at different SO2 levels (99%, 96%, 85%, 
75%, 38%and 19%) are prepared for imaging. En-face (Fig. 3.9a) and B-scan (Fig. 3.9b) 
images were recorded of a phantom microvessel in contact with a sheet of white-colored 
copy paper. Due to limited penetration depth of 1060 nm probe light in blood, the SO2 
measurement is taken at a side position of the lumen as indicated in Fig. 3.9b. 
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Figure 3.9: (a) En-face image of a phantom microvessel constructed from a 
polytetrafluoroethylene (PTFE) conduit with inner (300 μm) and outer (630 
μm) diameter; (b) B-scan image of a 300 μm inner diameter phantom 
microvessel containing porcine blood, the arrow indicates SO2 measurement 
site at a side position in the lumen. 
 Similar to the 50-μm inner-diameter phantom vessel experiment, blood SO2 levels 
are measured by both DWP-OCT and commercial oximeter; the measurement results are 
shown in Fig. 3.10 and Fig. 3.11. Except the measurement result for the blood sample 
with 19% SO2 level, DWP-OCT measurement results for other five blood samples match 
well with commercial oximeter measurement values, the means of the measurement 
deviate less than 5% from the actual blood SO2 value. 
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Figure 3.10: Blood SO2 levels measured in 300-μm inner-diameter phantom vessel by 
DWP-OCT. Solid line (green) represents mean of fifteen 0.5 second 
segments and dashed lines (red and blue) represent standard deviation. SO2 
level measured by a commercial oximeter are indicated in the right portion 
of each plot. Blood is stationary for all measurements. 
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Figure 3.11: Blood SO2 levels in 300-μm inner-diameter phantom vessel measured by 
DWP-OCT (vertical) vs. oximeter values (horizontal). Blood is stationary 
for all measurements. 
 
3.5 DWP-OCT PROPAGATION OF ERROR AND UNCERTAINTY ANALYSIS 
 From Eq. 3.5, we find relative uncertainty in DWP-OCT blood SO2 values can be 
written as: 
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           (3.7) 
 Variation in χ12 (δχ12/χ12 Eq. 3.8) can originate from phase variation in optical 
pathlength (op1 or op2) or fluence (Φ1 or Φ2) of photothermal excitation beams. 
2 2 2 2 212 1 2 1 2
12 1 2 1 2
( ) ( ) ( ) ( ) ( )
op op
op op
    

 
   
 
             (3.8) 
 85 
We define op signal-to-noise ratio (SNR, Eq. 3.9) where op is optical pathlength 
signal amplitude in response to photothermal excitation (380 Hz or 400 Hz), δop 
corresponds to the optical pathlength variation due to either the DWP-OCT system or 
relative motion between the DWP-OCT source beams (PhS-OCT probe beam and 
photothermal excitation beams) and sample constituents. 
( ) 10log( )
op
SNR dB
op
                    (3.9) 
 In phantom vessel static blood SO2 measurement, low-power (~2.8 mW) 
photothermal excitation light gives op amplitudes of 2-5 nm, and a 0.3 nm uncertainty in 
op amplitude gives a relative uncertainty δop/op = 6%-15% (op SNR 8.2-12.2 dB), while 
laser power fluctuation can introduce a 2% uncertainty in δΦ/Φ. Based on Eqs. 3.7 and 
3.8, effect of op SNR on relative blood SO2 measurement error (δSO2/SO2) is estimated 
(Fig. 3.12). Relative uncertainty in χ12 decreases with increasing op SNR (Fig. 3.12a). 
Relative uncertainty in DWP-OCT blood SO2 increases with decreased SO2 values (Fig. 
3.12b). At any blood SO2 level, δSO2/SO2 increases with increasing relative uncertainty 
in χ12. Each of the six measured blood samples’ relative SO2 measurement error in a 
single (0.5 s) segment are deduced and plotted (Fig. 3.12b), and have values close to 
curves corresponding to 20% and 30% relative uncertainty in χ12. 
To reduce DWP-OCT’s relative blood SO2 measurement error to within 5% (SO2 
above 60%), relative uncertainty in χ12 must be less than 5%, requiring an op SNR above 
15 dB (δop/op below 3%). A substantial increase in DWP-OCT SO2 measurement errors 
observed in 57.3% and 3% SO2 blood levels are consistent with computed values (Fig. 
3.12b). As the op is obtained from the phase measurement, to increase DWP-OCT blood 
SO2 measurement accuracy and reliability, system phase stabilization is critical. 
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Figure 3.12: (a) Relative χ12 error (δχ12/χ12) vs. op SNR. (b) Relative blood SO2 
measurement error (δSO2/SO2) vs. SO2 for various levels of relative χ12 
error. Horizontal axis: blood SO2 level; vertical axis: relative error of SO2. 
Solid curves represent conditions when relative variation of χ12 is 5%, 10%, 
20%, and 30%; blue dashed line: SO2 of veins (70%); green dashed line: 
SO2 of arteries (97%); magenta circles: relative blood SO2 measurement 
error in six blood samples. 
 
3.6 INFLUENCE OF BLOOD FLOW ON DWP-OCT SO2 MEASUREMENT 
To investigate effect of blood flow on SO2 measured by DWP-OCT, a digital 
syringe pump (AL-1000 by World Precision Instruments, Sarasota, FL) is used to 
introduce blood flow in the phantom vessel at a fixed SO2 level (98.2%) corresponding to 
an arteriole. At the fixed SO2 level, DWP-OCT SO2 measurements are recorded at blood 
flow speeds from 0-17 mm/s. For each blood flow speed, SO2 levels are also measured at 
the same position in the lumen of the phantom vessel. At increasing blood flow speeds, 
op signal amplitude induced by blood absorption of each photothermal excitation beam is 
reduced (Fig. 3.13a). A substantial reduction (80%) in op signal amplitude is observed at 
greatest average blood flow speed (17 mm/s). 
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Figure 3.13: (a) Reduction in op signal amplitude at 800 nm (380 Hz) and 770 nm (400 
Hz) from stationary (blue) to increased average blood flow speed (green, 8.5 
mm/s) in a 50-μm inner-diameter phantom blood vessel. (b) Normalized op 
signal amplitude vs average blood flow speed. Circle: op signal amplitude in 
response to 770 nm excitation, blue dashed line is linear fit; diamond: op 
signal amplitude in response to 800 nm excitation, red dashed line is linear 
fit. 
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 DWP-OCT measurements are recorded at average blood flow speeds from 
stationary to 17 mm/s. op signal amplitudes for 770 nm (400 Hz) and 800 nm (380 Hz) 
light are normalized by respective amplitudes at the stationary condition (Fig. 3.13b). 
Accuracy of DWP-OCT SO2 measurement at various blood flow speeds can be 
determined by analysis of SNR of the op signal in response to laser excitation (Eq. 3.9). 
SNR degradation with respect to increasing blood flow speed (Fig. 3.14a) suggests that 
most reliable DWP-OCT SO2 measurements can be obtained at blood flow speeds up to 
13 mm/s. 
SO2 level is calculated for average blood flow speeds up to 17 mm/s (Fig. 3.14b). 
SO2 measured by DWP-OCT is within experimental error of values measured by a 
commercial oximeter for average blood flow speeds less than 13 mm/s. A 13 mm/s 
average blood flow speed is found in 30-40 μm diameter retinal arterioles (102). Relative 
blood SO2 measurement error increases with increasing blood flow speed (Fig. 3.14c). op 
SNR is a critical factor that determines accuracy of measured SO2 levels (Fig. 3.14b), 
results suggest that when op signal SNR degradation exceeds 10 dB, SO2 levels measured 
by DWP-OCT are no longer reliable. Experimental results suggest that a DWP-OCT 
system utilizing low power (~2.8 mW) photothermal excitation has sufficient stability 
and sensitivity to measure SO2 levels in a 50-μm inner-diameter stationary blood vessel 
phantom with average blood flow speeds from stationary up to 13 mm/s. 
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Figure 3.14: (a) SNR degradation vs. blood flow speed. Circle: SNR in response to 770 
nm excitation, blue dashed line is linear fit; diamond: SNR in response to 
800nm excitation, red dashed line is linear fit; purple dashed line is 10 dB 
SNR op degradation. (b) SO2 measurement in blood vessel phantom at 
various blood flow speeds. Diamond: SO2 measured by DWP-OCT; green 
dashed line: SO2 measured by oximeter (98.2%); red dashed line: threshold 
speed above which SNR degradation exceeds 10 dB. (c) Relative blood SO2 
measurement error (δSO2/SO2) for one single segment (0.5 s) vs. blood flow 
speed. Green dashed line is linear fit. 
 Brownian motion and blood flow can also contribute to an increased op signal 
noise floor; in the blood flow experiments reported here, difference in refractive indices 
between red blood cells (RBC) and blood plasma is one source which increases op signal 
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noise. Time dependent optical pathlength (op(t)) of the probe beam traveling through the 
phantom vessel lumen can be expressed as: 
( ) ( ) ( )RBC RBC plasma plasmaop t n l t n l t                    (3.10) 
Where nRBC and nplasma are the group refractive indices of red blood cells and plasma, lRBC 
and lplasma are the physical pathlengths that probe beam travels through RBC and blood 
plasma respectively. Values of lRBC and lplasma vary randomly due to blood flow; a higher 
blood flow speed will cause op signal amplitude to change more rapidly as indicated in 
Eq. 3.10, which results in an increased op signal noise floor between successive A-scans. 
In case of stationary blood, Brownian RBC motion contributes to op signal noise. For the 
50-μm inner-diameter phantom blood vessel tested here, effect of Brownian RBC motion 
on op signal noise is approximately equivalent to the increase associated with a 6 mm/s 
blood flow speed relative to the stationary state (103). An increased op signal noise floor 
is observed in a larger diameter vessel (300 μm inner-diameter) due to a longer physical 
pathlength. SO2 measurement has also been recorded in a 300 μm diameter phantom 
blood vessel. At equivalent average blood flow speed (11.8 mm/s), op signal noise floor 
(1.82 nm) in the larger diameter phantom vessel (300 um inner-diameter) is increased by 
1.3 nm over that (0.52 nm) in the 50 um inner-diameter phantom vessel. 
 
3.7 THERMAL DIFFUSION INFLUENCE ON DWP-OCT SO2 MEASUREMENT 
 Because Eq. 3.5 does not include effects of thermal diffusion, we constructed a 
mathematical model to investigate the impact of heat flow on measured DWP-OCT SO2 
values. The model uses the Green’s function solution of the bioheat equation in a semi-
infinite medium (104), and assumes negligible radiative and/or convective thermal 
energy losses. We assume an insulating boundary condition and a circular microvessel 
 91 
lumen and derive an algebraic expression for the temperature increase (ΔT) in the tissue 
at lateral position r and depth z in response to two photothermal excitation beams at time 
t. 
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In Eq. 3.11, subscript i denotes excitation wavelength (1 for 770 nm, 2 for 800 nm), μi is 
blood absorption coefficient at the ith wavelength of the photothermal excitation, Φi is 
fluence over one period of photothermal excitation at the ith wavelength, ρc is the 
product of density and specific heat capacity, α is the thermal diffusivity of tissue; za, zb 
are depths of the upper (za) and lower (zb) boundary of the source layer; rpr and rph,i are 
the radii of OCT probe beam and photothermal excitation beam at the ith wavelength. Kr,i 
and Kz,i are two functions which represent heat diffusion along lateral and longitudinal 
axes respectively in response to excitation at the ith wavelength. Kr,i and Kz,i are derived 
based on the Green’s function for the temperature response in a semi-infinite half-space. 
Kr,i is derived by convolving the Green’s function for lateral diffusion with the 
photothermal excitation beam, and can be weighted by the OCT probe beam’s field 
intensity distribution (Gaussian distribution) to calculate average op detected by OCT; 
Kz,i is obtained by integrating the Green’s function along longitudinal axis with an 
exponential decaying (Beer’s law) source profile between upper (za) and lower (zb) 
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boundaries. The optical pathlength (op) in response to photothermal excitation is 
calculated from the temperature increase as in Eq. 3.12. 
0
0
0
( , , ) ( , , )[ ( )]
z
dn
op r z t T r z t n T dz
dT
dl
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
   


             (3.12) 
Where z0 is the DWP-OCT probe depth position, dn/dT is refractive index change in 
response to a temperature increase, β is linear thermal expansion coefficient, and n(T) is 
refractive index of tissue with temperature dependence. With low-power photothermal 
excitation such as used in experiments reported here, we assume that dn/dT, β and n are 
constant within the temperature range, so Eq. 3.12 can be simplified. 
0
0
0
( , , ) [ ( )] ( , , )
z
in
dn
op r z t n T T r z t dz
dT
                    (3.13) 
Tin is the initial temperature; Eq. (3.13) shows that op signal is proportional to the 
accumulated temperature increase along the tissue depth up to the probe depth (z0). 
According to the analytical expression for the temperature increase (Eq. 3.11), we can 
simulate the op signal in response to 770 nm and 800 nm photothermal excitation beams 
incident on the microvessel phantom. 
We assume a blood sample with SO2 level 90%, two photothermal excitation 
beams are intensity modulated at 400 Hz (770 nm) and 380 Hz (800 nm) and incident on 
the vessel, measurement site is 10 um below the top of lumen (Fig. 3.15).  
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Figure 3.15: A vessel model. 
Assume OCT A-scan rate is 30 kHz. Photothermal excitation lasers are turned on 
at time t=0, the op variation in response to two photothermal excitation wavelengths 
during 0.1 s are presented in Fig. 3.16a, power spectrum of the op signal is obtained (Fig. 
3.16b). Calculated ratio of op signal amplitudes at the two excitation frequencies and 
calculation of the ratio (χ), the SO2 level is estimated at 93.4%; the difference indicates a 
systematic error due to thermal diffusion may be present in the model equation (Eq. 3.5) 
to deduce SO2 level. 
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Figure 3.16: (a) Simulated op variation in a blood sample with 90% SO2 level during 0.1 
s, two photothermal excitation beams (770 nm and 800 nm) are incident on 
the sample, the investigated depth is 10 um below the top of lumen; (b) 
Power spectrum of op, 400 Hz frequency component corresponds to 770 nm 
wavelength excitation and 380 Hz frequency component corresponds to 800 
nm wavelength excitation. 
Similarly, we simulate six blood samples’ optical pathlength (op) signals in 
response to the two photothermal excitation wavelengths (770 nm and 800 nm) with the 
SO2 levels equal to oximeter values measured in the 300-μm inner-diameter phantom 
vessel experiment. Actual (assumed in model) blood SO2 levels and SO2 levels predicted 
by Eq. 3.5 are compared in Fig. 3.17. Six blood samples’ SO2 level predicted by DWP-
OCT are over-estimated by an average of 3.57%. Though the systematic error is found to 
compromise the model (Eq. 3.5) for DWP-OCT measurement of SO2, magnitude of the 
error for each case is relatively small but evident at all blood oxygenation levels. 
Examining Fig. 3.17, a systematic error that suggests DWP-OCT may over-estimate 
blood oxygenation levels is evident (over-estimate by 2-6% for each blood sample in the 
experiment).  Results of the mathematical model suggest the systematic error observed 
in blood microvessel phantom data may be due at least in part to thermal diffusion that is 
not accounted for in the model (Eq. 3.5). 
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Figure 3.17: DWP-OCT blood SO2 level predicted by Eq. 3.5 and simulated optical 
pathlength (op) signal (Eq. 3.13) vs. assumed blood SO2. Stars correspond to 
six blood samples with SO2 level matching that of the samples in 300-μm 
inner-diameter phantom vessel experiment. Green dashed line represents 
where DWP-OCT blood SO2 levels equal assumed SO2 levels. 
 
3.8 CONCLUSION ON DWP-OCT STUDY 
In this study, we designed and demonstrated a two-beam DWP-OCT system for 
measurement of microvasculature hemoglobin oxygen saturation (SO2) levels and 
imaging phantom microvessels. For each blood sample, mean of one second’s DWP-
OCT SO2 measurement results match commercial oximeter values. Propagation of errors 
and uncertainty analysis indicates DWP-OCT is feasible for measurement of blood SO2 
levels above 60%. Further stabilization of phase can reduce measurement uncertainty. 
Influence of blood flow on DWP-OCT SO2 measurement was investigated by introducing 
blood flow in phantom microvessel and analyzing op signal SNR. Results suggest DWP-
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OCT remains stable for average blood flow speed less than 13 mm/s in phantom 
microvessel. Effect of thermal diffusion on measured DWP-OCT SO2 values was 
investigated by utilizing a mathematical model. Predicted DWP-OCT SO2 levels derived 
from the simulation suggest that thermal diffusion can introduce a 3% systematic artifact 
that over-estimates SO2 values determined from the model and is consistent with 
measured data. 
For in vivo measurements, relative motion between the DWP-OCT source beams 
and the bulk tissue is an additional noise source that degrades op SNR. Tissue motion 
artifacts can be either suppressed by increasing modulation frequency or DWP-OCT A-
scan rate. Swept-source laser sweep rates up to 5 MHz have been demonstrated (5). 
Higher modulation frequency will require photothermal excitation lasers with a greater 
instantaneous power (corresponding to a shorter excitation period) to maintain fluence at 
the same level as the system presented here. In studies reported here, incident radiant 
power (~2.8 mW) is within ANSI limits for skin. For retinal applications, photothermal 
excitation power must be less than 0.75 mW. 
  
 97 
Chapter 4:  Spectrally-Encoded High-Extinction Polarization 
Microscope 
 
4.1 INTRODUCTION OF POLARIZED LIGHT MICROSCOPY STUDY 
Polarized light microscopy is an imaging technique to provide molecular structure 
and orientation based on probe light’s polarization state information. Polarized light 
microscopy has been used for imaging spindle microtubules (105) and visualizing 
cytoskeletal dynamics (106). Many cellular structures can be detected with high contrast 
under polarized light including various filament systems (actin, microtubule, intermediate 
filaments and collagen), membrane boundaries including those of the plasma membrane, 
cellular vesicles and various organelles and cellular structures which show crystalline-
like organization. Contrast in polarized light images arises from changes in phase and 
amplitude due to differential retardation or attenuation of orthogonally polarized light as 
it travels through the specimen. As mentioned in Chapter 1 and Chapter 2, intrinsic 
birefringence and form birefringence exist in cells and tissues; and another type of 
birefringence that exists in cells is edge birefringence (107), which is observed at the 
boundary between dielectric interfaces such as between water and cell membranes. 
The signals introduced by these cellular sources of birefringence are typically 
quite small and are easily obscured by background light and optical aberrations. The 
intensity of the signal also depends on the orientation of the specimen or the polarization 
state of incident light. To obtain the sample birefringence, modulated polarization 
microscopy was developed by modulating the polarization state of light illuminating the 
specimen and then determining the birefringence quantitatively from the changing 
amplitude.  
 98 
In this study, an apparatus for a spectrally-encoded high-extinction polarization 
microscope is proposed. The algorithm is developed to calculate the specimen phase 
retardation based on Stokes parameter analysis on Poincaré sphere and followed by a 
system signal-to-noise ratio analysis. 
4.2 SPECTRALLY-ENCODED HIGH-EXTINCTION POLARIZATION MICROSCOPE 
Proposed design of the polarization microscope (Fig. 4.1) uses a wavelength 
tunable light source to provide rapidly tunable monochromatic spatially incoherent light 
at discrete wavelength (λi) incident on the sample. After emission from the source, light 
goes through a collimator, a linear polarizer oriented at 0°, a retarder oriented at 45°, a 
rotator with rotation angle θ, a condenser, then illuminates the specimen; the transmitted 
light is collected by an objective, then propagates though a rotator with rotation angle -θ, 
a retarder oriented at -45° introducing phase retardation equal to the phase retardation 
introduced by the first retarder, an analyzer oriented at 90°, and then light is imaged by a 
high-speed CCD camera. 
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Figure 4.1: Block diagram of polarization microscope. 
To calculate the birefringence introduced by a specimen, we adopt a Stokes vector 
analysis similar to the approach presented in Chapter 2. After the polarizer, linearly 
polarized light at wavelength (λi) is transformed to a pre-calibrated elliptical polarization 
state after propagation through the first retarder-rotator combination. After the light is 
transformed by the first retarder-rotator set, the azimuthal and polar angles on Poincaré 
sphere between the incident light’s Stokes vector and specimen’s optical axis are (φ0, θ0). 
The specimen introduces a rotation of incident light’s Stokes vector around specimen’s 
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optical axis on Poincaré sphere, the rotation angle equals the phase retardation. After 
transmitted light is collected by an imaging objective lens, the second rotator-retarder 
combination is used to reverse the transformation introduced by the first retarder-rotator 
combination. For a null measurement, if assume after the polarizer, the Stokes vector of 
the light is (1, 1, 0, 0), the intensity detected after analyzer is (1-Qf)/2 where Qf is the Q 
value for the Stokes vector of light before passing through analyzer. 
Assume the specimen is with phase retardation δi at wavelength λi, we have Eq. 
4.1, where δ0 and λ0 are phase retardation and wavelength at the reference incident 
wavelength. 
0 0* /i i                            (4.1) 
When input light intensity is normalized to 1, the signal S0 measured after the final 
polarizer at wavelength λ0 is written as 
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Since phase retardation of specimen δ0 is so small, we can use the approximation: 
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                          (4.3) 
Eq. 4.2 can be simplified according to Eq. 4.3 
2 2 2 2
0 0 0 0 0
1
(sin sin cos )
4
S                         (4.4) 
 At wavelength λi, with pre-calibration we assume the specimen introduces Δφi and 
Δθi angle which are the azimuthal and polar angles with respect to the reference 
wavelength λ0, and can be used as offset angles. For n spectral measurements (in addition 
to the reference) the signal may be written: 
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 For a non-null measurement, the polarizer is slightly mis-aligned from the 
analyzer by a small angle so that when no specimen is present, a background intensity is 
present; assume after the polarizer, the Stokes vector of light is (1, sinβcosα, sinβsinα, 
cosβ), where α and β are the azimuthal and polar angles of the Stokes vector of the 
incident light. Following a derivation similar to that presented above, the signal detected 
after the analyzer is written as 
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 With multiple measurements at different wavelengths, a set of non-linear 
equations can be generated and then solved for phase retardation δ0 and linear 
birefringence optical axis (φ0, θ0). Compare Eqs. 4.5 and 4.6, we see that in the non-null 
measurement, a linear term of phase retardation (δ0) appears in the signal, the variation of 
Δφn and Δθn is not just quadratic but rather linear with respect to δ0. 
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4.3 SNR ANALYSIS 
 To estimate the SNR of the polarization microscope system, we assume 
parameters as below: 
 P0: power of the source incident on the circular area with inscribed field (W); 
 η: Quantum efficiency of the detector; 
 F: Frame rate of the imager (Hz); 
 N: pixel number for the imager in one dimension; 
 τ : integration period of the array in fractions of a frame; 
 λ: wavelength of the source (m); 
 δ: phase retardation of the specimen (radian); 
 c: speed of light (m/s); 
 h: Plank’s constant (m2kg/s). 
 For a null measurement, assume shot noise dominates and specimen is placed at 
the orientation or the incident polarization is adjusted to give the maximum signal, the 
estimated SNR can be written as: 
1/2
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  
 
                        (4.7) 
Using the following values to estimate SNR: 
 η: Quantum efficiency of the detector (70%); 
 F: Frame rate of the imager (100 Hz); 
 N: pixel number for the imager in one dimension (256); 
 τ : integration period of the array in fractions of a frame (0.5); 
 λ: wavelength of the source (0.515 μm); 
 δ: phase retardation of the specimen (8.54×10-4 radian); 
 c: speed of light (3×10
8 
m/s); 
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 h: Plank’s constant (6.63×10-34 m2kg/s). 
1/2 *126.72oSNR p                          (4.8) 
With 4 mW P0, the SNR could be 8.01.  
According to Eq. 4.6, for a non-null measurement, the signal is  
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As δ0 is small, the quadratic term Sc can be ignored, the signal is Sb; the primary 
shot noise comes from background Sa. SNR can be written as 
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When assume β=π/2, α is close to 0, which corresponds to the condition that the 
incident light’s Stokes vector is slightly off the Q axis with an angle of α on QU plane.  
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When θ0 is close to 0, SNR for a non-null measurement reaches its maximum value  
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                         (4.12) 
Use the same values for null measurement, the SNR for non-null measurement is 
16.03 under the assumption that (α ≫ δ0). 
Eq. 4.7 and Eq. 4.12 suggest that under the assumed condition, non-null 
measurement has a higher SNR (approximately 2 folds) than traditional null 
measurement.  
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4.4 FEATURES OF POLARIZATION MICROSCOPE 
Several important features guided this polarization microscope system to harness 
the power of polarized light microscopy.  
The first feature is the ability to modulate the polarization state of incident light 
over the entire Poincaré sphere. As discussed in section 4.2, with the first retarder-rotator 
combination, the Stokes vector of the incident light first rotates around U axis by retarder, 
and then rotator provides another rotation around V axis; by these two orthogonal 
rotations the polarization state of light incident on specimen can be adjusted to achieve 
any polarization state. Secondly, the system can be developed to image at high speed with 
high numerical precision and high resolution by combining high wavelength-tuning-rate 
light source and a high quality CCD camera. Thirdly, the system can be operated for both 
null and non-null measurement, and as demonstrated in section 4.3, when the phase 
retardation introduced by specimen is small, a non-null measurement tends to improve 
the SNR.  
 
4.5 CONCLUSION ON POLARIZATION MICROSCOPE STUDY 
In this study, a spectrally-encoded high-extinction polarization microscope is 
designed for birefringence measurement of biological sample. The polarization 
microscope system is able to introduce any incident polarization state onto the specimen 
by a retarder-rotator combination. The processing algorithm is developed to estimate the 
phase retardation introduced by specimen based on changing amplitude of signal when 
sample is illuminated by different spectral components of the light. The system can be 
operated for both null and non-null measurement; processing algorithm is developed for 
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both cases. A signal-to-noise ratio analysis demonstrates the SNR advantage for a non-
null measurement. 
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